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INTRODUCTION:

Year Two of this applied research program continues to build on recent advances by our collaboration in
the development of novel methods of low-magnetic-field MRI and advanced MRI hardware. Without ma-
jor innovation, high-field MRI instruments offer limited utility for imaging TBI in widely deployable con-
texts. We focus our research effort on the high-risk and critical challenges that must be solved to enable
deployment of a transportable human-head MRI system applicable to TBI imaging in battlefield medical
facilities. Our goal is to establish proof-of-principle of a suite of techniques and technologies to advise fu-
ture development of a field-deployable device with high diagnostic impact. This research effort has two
specific aims:

Specific Aim 1: Develop a low-field human-head MRI system (LFI) suitable for high-resolution multi-
nuclear imaging, and improve the ability to attain brain images based on the intrinsic in vivo 'H NMR
signal in this scanner.

This includes the development of robust low-field scanner hardware methodologies (both electromagnet
and permanent magnet based), the development of novel high-speed parallel imaging detection systems,
and work on advanced adaptive reconstruction methods including navigators and sparse sampling.

Specific Aim 2: Develop injury-sensitive MRI based on converting the electron spin of free radicals asso-
ciated with injury (specifically TBI) into nuclear polarization using the Overhauser effect and subsequent-
ly imaging that modified nuclear polarization using low-field MRI (OMRI). Successful demonstration of
OMRI of free radicals associated with injury will be directly applicable to the MRI systems of Aim 1, en-
hancing image-based injury specificity and/or shortening scan acquisition time.

The development of this new MRI contrast mechanism may provide an unambiguous non-invasive in vi-
vo maker for cerebral injury, and has potential for assisting the imaging of TBI at both low and high mag-
netic fields.



BODY:

Progress in Year 2 has focused on the demonstration of the low-field MRI hardware developed during Y1
for both the human head LFI systems (Aim 1) and for the OMRI system (Aim 2). Additionally, we have
successfully combined aspects of Aim 1 and Aim 2, and developed a new method of Overhauser enhanced
MRI that dramatically improves the attainable speed and resolution of free radical imaging and offering
new perspectives for the measurement of free radicals in vivo.

Low Field Imager (LFI)
TASK 1A: Low-field MRI Hardware Development

Much of the hardware development for the human head LFI test bed systems (Aim 1) and for the OMRI
system (Aim 2) was completed in Y1. Progress in Y2 for Aim 1 focused on imaging sequence development
and optimization, and implementation of parallel imaging acceleration. Aim 2 efforts included work to
maximizing the OMRI signal attainable from free-radical test solutions with a minimum of applied Over-
hauser power. We have also successfully demonstrated high-speed free-radical OMRI, and investigated
both spectroscopy- and image-based sensitivity to free radical concentrations as a path toward in vivo ap-
plications.

The electromagnet LFI (shown below) has been optimized to provide an ideal state-of-the art test bed for

all of the novel acquisition, detection methodologies, and reconstruction algorithms including navigators
and sparse sampling, and additionally will provide necessary experience
and data to advise optimal construction and magnetic field for any future
electromagnet-based deployable systems. Currently, this state-of-the-art
scanner enables high-performance spectroscopy and 8-channel imaging
at 6.5 mT, and is fully equipped for Overhauser DNP experiments.

The permanent magnet system is a lightweight (45 kg) and portable Hal-
bach array. This Halbach array scanner is a highly specialized and poten-
tially disruptive technology scanner that could greatly ease both the cost
and burden of a field-forward instrument purpose-built for TBI imaging.
This Halbach imager contrasts markedly with the electromagnet LFI in
that it has a highly inhomogeneous magnetic field, but we intend to use
this inhomogeneity to our advantage and use it to acquire head images
without the use of an additional gradient set.



Biplanar electromagnet LFI optimization: 3D sequence development

Given the success we had in late Y1 in optimizing the biplanar electromagnet LFI magnetic performance
(shown in the field maps in Figure 3 of the Y1 Annual Report), we have been able to quickly design and
optimize 3D gradient echo sequences in order to demonstrate low-field 'H in a nominal head-sized phan-
tom at 6.5 mT. The imaging phantom used for these demonstrations is a plastic cylinder filled with doped
water. It contains internal structures of varying shapes and patterns and is a commercially available clini-
cal MRI calibration phantom. We acquired a fully 3D gradient echo imaging dataset (Figure 1) on the LFI,
demonstrating that we can resolve structures inside the phantom.

Figure 1: 3D gradient echo MRI data set of the Siemens Multipurpose-Phantom acquired in the LFI at 6.5
mT (276 kHz) with a single channel solenoid detector. Matrix=128x90x16, FOV=250x190x190 mm’, voxel
size=2x2x12 mm’, TE/TR=27/338 ms, a=90°. Number of averages = 40. Total MR scan time was 5 h 24
min. This data was moved from the TNMR/Redstone console and processed using our in-house data pipe-
line previously described in the Y1 annual report.

The homogeneity of the LFI static magnetic field over this large field of view (250x250x200 mm) allowed
us to achieve 2 mm x 2 mm in plane resolution in the phantom for a 12 mm thick slice. A MATLAB pack-
age was written to process 3D rendered images from the acquired datasets, and the 3D rendered MRI da-
taset is shown alongside a photograph of the imaging phantom in Figure 2. The quality of this image,
while extremely impressive for such a low magnetic field, required a very long acquisition time, more than
5 hours. Our next steps in optimizing the LFI system focused on reducing this acquisition time. This de-
velopment and implementation of more efficient imaging sequences, as well as the use of the parallel array
coils effort is described in the following sections.



Figure 2: (Left) Photograph of cylindrical “Siemens Multipurpose Phantom E” filled with doped water. The
inner diameter is 170 mm, and the inner axial length is 125 mm. (Right) 3D rendering of the gradient echo
MRI data set acquired in LFI at 6.5 mT. This data set was moved from the TNMR/Redstone console and
processed in MATLAB using our in-house data pipeline previously described in the Y1 annual report.

Biplanar electromagnet LFI optimization: 3D fast imaging using b-SSFP

The next steps in optimizing the LFI system focus on significantly reducing this acquisition time using fast
imaging techniques. Fast imaging was implemented in the electromagnet LFI using 3D balanced steady
state free precession sequences (b-SSFP). In contrast with conventional gradient echo sequences, this se-
quence saves considerable time by recycling the magnetization flipped in the transverse plane during the
acquisition, eliminating the extra delays typically used for T, decay and T, recovery. The pulse sequence
diagram is shown in Figure 3. The b-SSFP excitation train consists of an initial -a/2 preparation pulse
immediately followed by a train of alternating +a excitation pulses as previously described by Scheffler et

al. [1]

prep. pulse +a

xN

:
Gphase oD FTTT {

Gphase 3D "

Figure 3: Diagram of the 3D b-SSFP sequence. N is the total number of TRs in the sequence

The +a pulses are separated by a time TR and the time interval between the -a/2 preparation pulse and the
first a pulse is TR/2. Of critical importance to successful implementation of b-SSFP in the LFI is a very
stable magnetic field, as off-resonance effects can distort the image and cause severe banding artifacts
(Scheffler, 2003). MRI images of a bell pepper were acquired with this b-SSFP sequence in the LFI scanner
(Figure 4). To the best of our knowledge, these results represent the first time that b-SSFP has been suc-



cessfully implemented in a low magnetic field scanner and represents a tremendous improvement for high
speed MRI at low magnetic field, representing more than a 25-fold time savings.

Figure 4: 3D b-SSFP MRI of a bell pepper acquired in the LFI 6.5 mT (276 kHz) with a single channel sole-
noid detector coil. Total acquisition time: 12 minutes. TE/TR=20/40 ms, Matrix=128x41x11, voxel
size=2.5x2.4x10 mm’, a = 90°. Number of averages (NA) = 45. This data was moved from the
TNMR/Redstone console and processed using our in-house data pipeline previously described in the Y1
annual report.

Biplanar electromagnet LFI optimization: compressed sensing and undersampled b-SSFP

In order to further improve the temporal resolution attainable using low-field b-SSFP imaging, we inves-
tigated the combination of compressed sensing (CS) algorithms and undersampling strategies in the elec-
tromagnet LFI. Most images are sparse in the sense that they can be accurately represented with fewer
coefficients than one would assume given their spectral bandwidth [2]. Compressed sensing (CS) is a
framework for exploiting sparsity to reconstruct high-fidelity MR images from undersampled k-space da-
tasets that do not fulfill the Nyquist sampling theorem [3]. The use of CS in MRI relies on the possibility
to acquire a priori compressed information and be able to reconstruct the original image as if the latter
was fully sampled [4]. In the context of data acquisition, this motivates the use of undersampling (US).
Compressed sensing has been found to work best when k-space is randomly undersampled so as to pro-
duce incoherent artifacts rather than the familiar wrap-around ghosts due to field-of-view (FOV) contrac-
tion when k-space lines are skipped in a regular coherent pattern as is done in conventional parallel
imaging [5]. For the images presented here, a choice was made to acquire random lines of k-space chosen
in the phase-encode directions (ky, kz) following a Gaussian probability density function. The readout di-
rection was fully sampled. The standard deviations of the sampling pattern as a fraction of the FOV along
y and z, oy and oz respectively, were adjusted manually to preserve adequate high-frequency information
for each undersampling rate.

The 3D imaging experiments presented here were performed using b-SSFP with Cartesian acquisition of
k-space at 6.5 mT (276 kHz), using a bell pepper as an imaging phantom. 50% undersamping of k-space
was achieved using a Gaussian probability density function with oy and oz = 0.14. The sequence was set
with TE/TR = 14/29.2 ms, NA=10, acquisition matrix = 64x32x11, voxel size = 2x3x9 mm®. The readout
duration was 7.04 ms with a total readout bandwidth of 9091 Hz. Total acquisition time was 1 min 40 s.
For comparison purpose, a fully sampled dataset using the same bell pepper was also acquired with 3x as



many averages. The sequence was set with the same parameters as described above but with acquisition
matrix = 64x64x11 and NA=30. The total acquisition time in the fully sampled case was 10 min. Figure 5
shows (A) the fully sampled k-space and (B) the 50% US k-space. The variable-density strategy used in the
undersampled dataset preserves the center of k-space more than the edges. This strategy preserves low
spatial frequencies in the image (i.e., intensity) while minimizing losses in high spatial frequencies that can
result in image blurring.

Figure 5: Eleven partitions of the k-space b-SSFP data set are shown for (A) a fully sampled and (B) a 50%
undersampled bell pepper. Acquisition is at 6.5 mT (276 kHz) with a single 10 cm solenoid detector.

Images reconstructed from the k-space data of Figure 5 are shown in Figure 6. The maximum signal to
noise ratio (SNR) is 14.6 in the fully sampled image (Figure 6A) and 12.4 in the 50% undersampled image
(Figure 6B). Although the SNR is smaller in the case of the undersampled dataset, it is not substantially
less than the fully sampled k-space, despite being acquired 6x faster. This is due to the non-sampled lines
in k-space being identically replaced by zeros before reconstruction, thus decreasing the noise floor. The
compressed sensing algorithm is then applied to the undersampled k-space, further decreases the noise
floor with a final SNR of 30 (Figure 6C), more than 2x higher than the fully acquired dataset with NA=30.
The efficiency of the CS reconstruction can be particularly seen in the extremities of the image (Figure 6C,
slices 1, 9, 10), where the object features may be recovered despite low acquired signal magnitudes (Figure
6B).

Figure 6: 10 slices of the bell pepper reconstructed from the b-SSFP data set in Figure 5 (A) fully sampled k-
space with NA=30, (B) 50% undersampled k-space with NA=10 and (C) 50% undersampled k-space with
NA=10 after CS reconstruction. Total acquisition time is 10 min for (A) and 1 min 40 s for (C).

10



A 3D reconstruction of the undersampled image of Figure 6C is shown in Figure 7. These imaging exper-
iments with the optimized electromagnet LFI are compelling: high quality 1H MRI at 6.5 mT is in fact at-
tainable over reasonable averaging times using high performance hardware and advanced MRI sequences.
We successfully implemented compressing sensing and k-space undersampling strategies at 6.5 mT; 3D
MRI with 50% undersampling and compressed sensing was obtained in 1 min 40 s, providing 2x higher
SNR and 6x faster acquisition compared to a fully sampled acquisition with 3x more averages (NA=30).
This work shows high potential to overcome the main limitations of working at low field, which typically
results in poor SNR and prohibitively long acquisition times. In this study, undersampling fractions of 50
% gives unperceivable reconstruction errors when compared to fully sampled data sets.

Figure 7: Three views of the 3D render of the undersampled b-SSFP data set of Figure 6 shown in false col-
or. Total acquisition time 1 min 40 s. NA=10. TE/TR: 14.4/29.2 ms. Matrix=64x64x11. a=90.

A critical question for this work will be understanding the clinical balance and impact that the tradeoff
between acquisition time and resolution implicit in imaging plays on the operation of a deployable scan-
ner. Time-critical triage and treatment decisions may be able to be made in the field with lower resolution
images—acquired with the right contrast—obtained very quickly. The question of what is “good enough”
is evolving, and careful attention to the individual needs of point-of-care physicians such as neurointen-
sivists will guide this work going forward.

Halbach array (permanent magnet) LFl

The second LFI test bed scanner we have been developing is based around a lightweight array of perma-
nent magnets in a so-called Halbach configuration. This magnet is ideal for portable MRI in that it creates
a relatively uniform field transverse to the head without the use of a cryostat or power supplies. This Hal-
bach array scanner is a highly specialized scanner and a potentially disruptive technology that could great-
ly ease both the cost and burden of a field-forward instrument purpose-built for TBI imaging. This
Halbach imager contrasts markedly with the electromagnetic LFI in that it has a highly inhomogeneous
magnetic field, but we intend to use this inhomogeneity to our advantage and use it to acquire head imag-
es without the use of an additional gradient set.

A truly portable MR system has the potential to quickly detect brain injury at the site of injury. For exam-
ple hemorrhage detection is critical for both stroke patients and traumatic brain injury victims. In stroke,
rapid distinction between a hemorrhagic and non-hemorrhagic event could allow administration of a clot-
busting drug such as tPA (tissue plasminogen activator) in an ambulance prior to transportation to the
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hospital, perhaps advancing this time-sensitive treatment by up to an hour. Subdural hemorrhage (or he-
matoma) is a form of traumatic brain injury, in which blood gathers between the dura and arachnoid ma-
ter (in meningeal layer) and is likely to be visualized on course resolution (e.g. 5mm) T1 images.

In Y1 we designed and built a very portable 45 kg Halbach array magnet for portable MRI, and mapped
the magnetic field and drift of the using rudimentary NMR measurements at 3.3 MHz. The Halbach LFI
in this measurement configuration described below is show in Figure 8. In Y2 we focused on the hardware
and encoding techniques needed to turn this magnet into an imager. These developments are described in
the subsections below.

Figure 8: The Halbach LFI in the configuration used to take the FID and echo data. The solenoid
transmit coil and the single turn loop receive surface coil are visible. The non-magnetic rollers that
will be used to rotate the magnet around the sample for spatial encoding are visible at the bottom of
the photograph (orange). A 300 mm ruler is shown for scale.

The Neodymium-Iron-Boron (NdFeB) magnets used in our Halbach array have a very high energy densi-
ty and residual induction, maximizing the strength of the B, magnetic field and consequently the NMR
signal. Unfortunately, NdFeB also has a significant coefficient of magnetic field drift with temperature
(~0.08%/C). As our nonlinear image reconstruction method depends critically on an accurate knowledge
of the frequency map within the object, we have taken steps to monitor and stabilize the temperature dur-
ing imaging experiments. We have insulated the Halbach array from sunlight and the ambient air temper-
ature using a thick-walled Styrofoam enclosure. Additionally, we have implemented real-time monitoring
of the temperature using a thermocouple with an Agilent LXI Data Acquisition Unit. Based on these tem-
perature measurements, scanner frequency drifts can be built into the image reconstruction using the
known drift coefficient for the material.

Halbach array LFI: NMR-based field mapping

Our initial field maps in Y1 were obtained using a robotic 3-axis Hall-effect Gauss meter. These field maps
were measured off-site and could not be easily repeated in situ to provide up-to-date calibration of the
center frequency prior to imaging data acquisition. The problem with this approach is that mapping a 3D
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volume is relatively slow and the Halbach field may drift with temperature during the time that probe is
being translated throughout the imaging volume. As generalized image reconstruction relies on accurate
knowledge of the encoding matrix, it is critical that we accurately model the fields produced in our exper-
iment during the reconstruction process.

To perform on-site field mapping, an array of 8 NMR probes [6] were built and mounted on a horizontal
rail (Figure 9). Each probe consists of a solenoid tightly wound around a 3-mm diameter NMR tube filled
with water doped to reduce T, to ~25 ms. The solenoid probes are capacitively tuned to resonate at the
nominal Larmor frequency at the center of the Halbach magnet and have sufficient bandwidth to acquire
signals anywhere in the bore. The probes are excited with a short broadband RF pulse and free induction
decays are recorded. The FFT of each probe signal is fit with a Lorentzian lineshape, providing an estimate
of the frequency within each probe. The rail is then translated along the axis of the Halbach bore and the
measurements are repeated. Additional spokes on the frequency map are acquired by rotating the Halbach
around the probes. The resulting set of frequencies was approximated by a third-order polynomial to gen-
erate the spatial field map used for image reconstruction. Data acquired using this procedure is shown in
Figure 10.

Figure 9: Array of 8 miniature NMR field probes spaced at regular intervals along a positioning
arm. The arm is mounted on a fixed cylinder that is concentric with the bore of the Halbach
magnet. The magnet is rotated around the field probes, allowing the frequency to be measured at
different points within the bore. The arm can also be translated along z to acquire additional
slices for the field map. Ruler marks are mm. Water bulbs are 3 mm.
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Figure 10: Field maps generated using interpolated gauss meter measurements (left) show
the same quadrupolar shape as field maps generated from NMR field probe signals using a
third-order polynomial fit (right). The transverse slice at z=0 is shown. This verifies the
utility of our in situ NMR mapping system

At our latitude, the Earth’s magnetic field is approximately 0.5 gauss. This field can introduce an appre-
ciable shift in the Halbach field maps as the magnet is rotated—a contribution to the 'H Larmor frequency
of 2.129 kHz—biasing the image reconstruction and potentially ruining the images.

The 3-mm field probes weren’t sufficiently small enough to map the spatial variation of the Halbach mag-
netic field particularly near the edge of the field of view. This limited spatial resolution results in a broad
NMR line that makes it difficult to accurately measure the frequency at a point in space. To circumvent
this problem, we built a second array of 7 field probes using 1-mm water-filled capillaries. While the sig-
nal-to-noise ratio (SNR) is substantially reduced due to the small sample size, the smaller probes allow us
to more accurately sample the frequency at each point in the Halbach. Signal averaging is used to recover
the lost SNR, and this new magnetic field map is shown in Figure 11.

Figure 11: Field map slice from magnet mid-plane obtained using array of seven 1-mm field probes to im-
prove frequency localization along “spokes” in space. Frequencies acquired along 16 spokes were fit with
spherical harmonics up to third order to create the resulting map for use in image reconstruction. An addi-

tional “navigator” probe was used to remove the effects of the earth’s magnetic field as well as temperature
drift.
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The sources of bias in our field maps caused by (1) thermal drift of the rare earth magnets in the array and
(2) the varying contribution of the earth’s magnetic field as the orientation of the Halbach B, field changes
with rotation angle (while acquiring different projections) were eliminated by building one additional 1-
mm “navigator” NMR probe and attaching it to the frame of the Halbach array so that it remains at the
same Halbach frequency isocontour as the magnet rotates. By quickly taking 16 frequency measurements
with this probe at different rotation angles, we were able to measure the component of the earth’s magnet-
ic field that is aligned with the Halbach By field. The resulting frequency plot versus angle was a sinusoid
with amplitude of 2 kHz. Equipped with this knowledge, we were then able to use the navigator probe
during imaging experiments to track thermal drift of the B, field over longer time scales. Any frequency
change not caused by the component of the earth’s field along B, was assumed to result from temperature
drift. This drift (typically on the order of hundreds of Hz per hour) is then built into the encoding matrix
during image reconstruction. Additionally, the navigator probe can be used to track changes caused by
other external field sources, such as those produced by the electromagnet LFI system with which the Hal-
bach experiment shares laboratory space.

Halbach array LFI: in-plane (xy) and slice (z) spatial encoding strategy

The magnetic field produced by the Halbach array has a roughly 50 kHz variation over a head-sized FOV.
The shape of the inhomogeneity is approximately a second-order hyperbolic field, with higher-order im-
purities. Rather than consider this ‘built in” inhomogeneity as an obstacle to imaging, we exploit this “in-
trinsic” gradient field as a way to perform in-plane spatial encoding. By analogy to PATLOC [7] and O-
Space [8] imaging, 1D NMR projections taken with a nonlinear encoding field may be used to reconstruct
an image using an iterative matrix solver. The Halbach imager magnet is then rotated around the head (in
either a stepped or continuous manner) and signals are acquired at each rotation angle, providing inde-
pendent projections of the head. For a second-order field, the resolution is best near the periphery, where
the field variation is the greatest. Further spatial encoding is provided by the encircling array of RF receiv-
er coils during signal detection. We have modeled this spatial encoding method (Figure 12 and Figure 13)
and based on the real parameters of our magnet expect this approach to provides good image quality in
the transverse (xy) plane.
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Figure 12: Different projections of the object are acquired by mechanically rotating the Halbach ar-
ray around its axis. Here four rotation angles are shown for a representative transverse slice near the
center of the array. The background homogeneous component of the magnetic field has been sub-
tracted out to emphasize the spatial variation of the field (plotted in Hz).

Methods for spatial encoding in the Z-direction are presently under investigation. One potential approach
is to acquire thin, curvilinear “onion skin” isocontours in the inhomogeneous field using narrowband RF
pulses. Another method is to use two oppositely-oriented linear phase RF transmit coils to impart z-phase
ramps across the object during a spin echo train readout, effectively performing phase encoding in the
slice direction [9], [10]. We continue to investigate both of these slice-encoding methods.

Figure 13: Simulated Halbach array reconstructions in the presence of noise (SNR ~ 6). The refer-
ence object (left) is contaminated with Gaussian noise equivalent to our expected SNR (center). A
64-projection Halbach acquisition is simulated using the measured magnetic fields. The image
(right) is the reconstruction using the Kaczmarz iterative method, a solver well-suited to large ma-
trices that can not be directly inverted. The nonlinearity of the Halbach field causes spatially-
varying resolution, with sharp image detail at the periphery and blurring at the center. Slice selec-
tion has not been incorporated into this simulation.

Halbach array LFI: RF transmit coils

Because the magnetic field produced by the permanent magnet Halbach LFI is oriented along the trans-
verse X direction, RF excitation of the spins requires a transmit B1 field oriented in the YZ plane. The so-
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lenoid coil geometry is a simple and efficient way to meet this requirement since it may be wound along
the axis of the Halbach array and nested within the magnet. This configuration provides a homogeneous
B1 field oriented along Z. In order to excite spins across the range of frequencies present within the bore
of the magnet, the frequency response of the transmit coil is broadened by a resistor placed in series with
the inductive solenoid. Resistive broadening reduces the coil quality factor Q from ~90 to ~18, providing
sufficient bandwidth for the Halbach imager. To detune the transmit coil during RF reception, a PIN di-
ode with a suitably long carrier lifetime is added at the input to the coil. This prevents noise in the trans-
mit system from coupling into the receiver coils and overloading the high-gain pre-amp. A diode biasing
circuit was built using an op-amp comparator and a TTL logic pulse generated by the Tecmag Apollo
spectrometer.

Halbach array LFI: RF receive coil arrays

The wide frequency range over the imaging area of the Halbach magnet (~50 kHz) with a nominal Larmor
frequency of 3.3 MHz means the quality factor of tuned received coils must be less than Q = 3.3 MHz/50
kHz = 66. It is difficult to achieve a Q this low without adding resistance that in general raises the noise-
temperature of the coil. Therefore, we considered using “untuned” coils, i.e. coils that possess only a self-
resonance high off-resonance. A coil comparison was done to find the coil geometry that provided the
highest SNR in the Halbach magnet as a function of configuration. The untuned coils are 8 cm diameter
circular loop coils that were connected to the MITEQ preamplifier through a reactive bandpass filter. It
was difficult to keep the experimental setup constant, as the mean Larmor frequency of the magnet drifts
with temperature, and the SNR depends strongly on the exact position of the coil and sample in the mag-
net. Therefore, several iterations of SNR measurements were done over 5 days and averages.

It was concluded that an 8 cm, 1 turn, untuned coil design would provide the best SNR given the magnet
and preamplifier. This is also a very simple geometry to implement. A single surface coil was used in the
center of the magnet with a 2 cm sphere of water as a sample to collect FIDs (Figure 14, left) and spin ech-
oes (Figure 14, right) and spin-echo trains (Figure 15) In particular, our ability to acquire spin-echo trains
out to more than 128 echoes is key to enabling imaging using spin echo-based imaging sequences such as
RARE.

Figure 14: (Left) Free induction decay (NA=64) and (right) four spin echoes from a CPMG
sequence (NA=32) obtained from a 2 cm sphere of water using an 8 cm, 1 turn, untuned,
receive coil at 3.3 MHz in the Halbach magnet.
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Figure 15: 128 spin echoes acquired using a CPMG sequence with phase cycling at 3.3 MHz in the
Halbach magnet. Only the tops of the echoes are sampled. SW=20 kHz, 32 points, NA=64.

An 8 coil receive array was constructed using the 1 turn untuned coils determined to be optimal in the ta-
ble above in order to perform parallel imaging. These 8 cm coils have an overlap of about 1.5 cm for geo-
metric decoupling of the coils [11]. A photograph of this 8-coil array is shown in Figure 16.

Figure 16: Eight-channel receive array for the Halbach imager.

A multiplexing switch has been developed to acquire data from an 8-channel receive array using the single
available receive channel on the Apollo spectrometer. Previously a mechanical switch was used for the
purpose. The electrical switch is synced to the pulse sequence, streamlining the acquisition process. Multi-
channel receive arrays provide crucial image encoding because each coil is preferentially sensitive to sig-
nals in its spatial vicinity. When nonlinear gradients are used for spatial encoding, local coil encoding
permits unwrapping of image voxels that have the same frequency isocontour, a problem not encountered
in conventional Cartesian imaging with linear gradients.

In the 8-channel receive array, coupling to the transmit coil was not previously an issue because the re-
ceive coils were untuned. To obtain better sensitivity, the coils were changed to resonant RF circuits dur-
ing Q4Y2 (Figure 17). PIN diodes were used to create a parallel LC trap circuit at the input to each receive
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coil during RF transmission to prevent coupling between the receive coils and the transmit solenoid [12].
Conversely, the transmit coil is disabled with a reverse-biased PIN diode during signal readout.

Figure 17: RF subsystem includes (left) multiplexing 8-to-1 switch with a bank of 8 pre-amplifiers, (center)
8-channel array of receiver loops, and (right) solenoid transmit coil for producing a uniform B, field.

Halbach array LFI: RF transmit pulses

The novelty of the Halbach imager is its use of a permanent inhomogeneous B0 field to perform spatial
encoding. One drawback of this approach is that the encoding field is intrinsic and may not be switched
off during RF transmission. When a rectangular “hard” pulse envelope is transmitted, the spin flip angle
and phase are a function of the off-resonance frequency. The shortest pulses that we can achieve with our
250 W Tomco RF power amplifier for the 90° and 180° pulses are 50 ms and 100 ms, respectively, corre-
sponding to a Rabi frequency of 10 KHz. Because our off-resonance frequency approaches (and may even
exceed) the Rabi frequency in many regions of the object, particularly near the periphery, the flip angle
and phase vary dramatically within the field-of-view. This causes signal loss near the periphery and ap-
plies a different phase distribution from the one that is assumed in the forward model. The most straight-
forward solution to this problem is to transmit shorter, higher power RF pulses, increasing the Rabi
frequency with respect to the oft-resonance frequencies. This requires much more careful handling of the
transmit RF coil design to avoid arcing and other complications of high-power operation.

The other source of systematic error in our experiments is off-resonance effects during RF excitation. In
conventional MRI, the primary source of frequency dispersion among spins during RF excitation is the
linear gradient field. The bandwidth of the RF pulse is set to excite a slice or slab or a desired thickness.
For non-selective “hard” pulses, no linear gradient is played and the only frequency dispersion is that
which remains after B shimming procedures have been performed. Typically this inhomogeneity is on the
order of a few hundred Hz.

In the Halbach encoding scheme, the strongly varying inhomogeneous field shown above in Figure 11 is
always on, even during spin excitation and refocusing pulses. This changes the effective flip angle as well
as the spin phase distribution as a function of the off-resonance frequency. For phase sensitive image re-
construction such as the iterative matrix inversion used in our experiment, phase errors can be deleterious
to the resulting image. To counter this effect, we explored ways to reduce the length of our hard pulses
used for excitation and refocusing in order to make the pulses intrinsically more broadband. We doubled
the transmit coil Q to increase its efficiency, and upgraded our RF transmit amplifier from 250 W to 1
kW, bringing a factor of two reduction in the achievable pulse lengths.
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The benefit of the more powerful amplifier is shown in Figure 18, where Bloch simulations of the spin en-
semble after the RF pulses in spin-echo imaging sequence (just prior to readout) is shown. The flip angle
and spin phase are much more uniform within the field of view when the more powerful amplifier is used.
To take advantage of the higher power available from the 1 kW amplifier, we rebuilt our transmit solenoid
coil using high-voltage tuning- and matching capacitors.

M M M

X y Z

250 W amplifier

1000 W amplifier

Figure 18: Phase evolution across the 8-cm field of view following spin echo excitation and refocusing with
hard pulses (just before readout). Switching from a 250 W to 1000 W amplifier allows us to shorten the ex-
citation (90°) pulse from 40 ms to 20 ms and the refocusing (180°) pulse from 80 ms to 40 ms.

Unfortunately, some residual off-resonance effects are evident in the figure even when 1 kW of transmit
power is used. A novel idea is to redesign the RF pulses so that they excite both on-resonance and off-
resonance spins. Traditional composite pulses [13] increase the range of frequencies over which a desired
flip angle is achieved, but they still alter the spin phase in proportion to the off-resonance frequency. For
our full-encoding matrix image reconstruction, this phase needs to be known accurately.

A better approach is to design a tailored RF pulse that applies a flat phase distribution across the object
[14]. Our spectrometer has full amplitude and phase control on a very fine timescale (less than one micro-
second), making such a custom pulse a possibility, and the control computer for the Apollo console was
updated and the control software migrated from NTNMR to the latest version of TNMR, allowing pulse
sequences to be shared between the Halbach scanner and the electromagnet LFI scanner test bed. To fur-
ther mitigate this effect and achieve a truly uniform spin phase distribution after the refocusing pulse, we
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are presently designing 90° composite pulses that are optimized to produce uniform phase everywhere in
the object using the small tip angle approximation to increase the pulse length while reducing the eftective
bandwidth. In the optimization problem, the pulse waveform is constrained to provide a uniform flip an-
gle and phase across the object. While this approach is less effective for 180° pulse design, we are explor-
ing other possibilities for improving the 180° refocusing pulse, including an optimization on the full Bloch
simulation of the pulse waveform to enforce uniform phase and flip angle. While such an approach is
more computationally demanding, it is more accurate than the low tip angle approximation.

Halbach array LFI: 1D projections & 2D imaging

Improvements in calibration methodology now permit the imaging of two-dimensional test phantoms
positioned at the axial isocenter of the Halbach array. Temporal drift of the magnetic field was monitored
with NMR probes and incorporated into the appropriate rows of the encoding matrix. As the Halbach
magnet is rotated around the sample, different views are acquired along curvilinear isocontours. Time-
domain reconstruction is performed using the algebraic reconstruction technique (ART), which cycles
through the encoding matrix one row at a time, back-projecting the data point corresponding to each row
[8]. Because reconstruction relies on accurate knowledge of each isocontour’s location in space, field drift
must be compensated when the encoding matrix is calculated.

We made a simple phantom with 2-cm diameter balls of water placed at the center and at 6-cm from the
center (Figure 19, left) to explore NMR-based projection-encoding in our nonlinear field. Two surface
coils in quadrature were used for RF reception, with one coil placed in the vicinity of each peripheral ball.
When the resulting data is Fourier transformed, nonlinear projections of the balls are obtained in the fre-
quency domain. As shown in Figure 19 (right), the peak from the center ball is much narrower than those
from the peripheral balls, as expected from the much sharper variation of the encoding field away from
the center of the magnet.

Figure 19: Calibration phantom (left) consisting of three 2-cm balls (at isocenter or at a radius of 6 cm) is
used to obtain NMR projections (right) in the magnet’s nonlinear encoding field. As expected, the balls at
the periphery show greater frequency dispersion since the field varies roughly quadratically with radius
from the center
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To evaluate two-dimensional imaging performance, generalized projections of a two-ball phantom were
made over several rotation angles between 0° and 90° (Figure 20). At each angle, the object is projected
along the curvilinear frequency isocontours of the approximately quadrupolar encoding field.

Figure 20: (left) Schematic of imaging phantom. (right) Six representative encoding field rotations and ex-
perimental projections of phantom on left (single coil, 128 averages, SNR~30). Arrow is BO direction.

Common to all higher-order gradient encoding methods is the problem of aliasing due to redundant fre-
quency contours, which can be resolved using additional spatial encoding from local RF receive coils [7].
Another issue is the flatness of higher-order fields at the center of the FOV, where encoding can only be
achieved through the addition of linear or odd-spatial order fields [8]. We build on previous encoding
methods by assessing the encoding of a single rotating field, with and without parallel imaging and a spa-
tial offset between the axis of rotation and the axis of field symmetry.

A spin echo sequence with TR/TE=200 ms/9.4 ms and a 40 kHz bandwidth was used to acquire projection
data. The resulting images of the Gd-doped two-ball phantom (Figure 21a) show the expected pattern of
aliasing through the isocenter when a single receive coil is used (Figure 21 b,f,g). When multiple coils are
used (Figure 21 c-d), the ghosts disappear. Streaking artifacts occur due to the undersampling of the da-
taset, as with conventional radial imaging using linear gradients. When more projections are acquired
(Figure 21a) the streaking artifacts diminish, as evident in the background of (Figure 21b), which was ac-
quired with more projections than the other data shown.

Figure 21: (a) Ball locations in ground truth phantom 1, (b) 80 projections of phantom 1 using a single so-
lenoid receive coil (c) 24 projections of phantom 1 using 4 receive coils, (d) simulated version of ¢, (e)
ground truth phantom 2, (f) 35 projections of phantom 2 using one coil, (g) simulated version of f. FOV is
16 cm.
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Halbach array LFl: encoding & reconstruction simulations

We simulate the encoding/reconstruction to examine the effect of breaking the encoding field symmetry
by shifting it off-center using a linear component (2000 Hz/cm or 3000 Hz/cm). We further simulate the
ability of the encircling array of 8 local RF receive coils to remove aliasing.

Figure 22: Simulated 256x256 reconstructions of reference brain image (a), encoded using 128 projections
with no field offset (b), 2000 Hz/cm offset (c), and 3000 Hz/cm (d) with no RF coil encoding. The offset
removes much of the aliasing associated with the symmetry of the multipolar fields and recovers some reso-
lution near the center. The addition of eight receive coils in each case (e-g) further improves resolution and
removes aliasing, though resolution remains better near the periphery. Simulated FOV is 28 cm.

Even with the non-ideal encoding fields used here, much of the detail in the object is retained in the re-
constructions (Figure 22). As expected, a linear offset recovers some resolution, though some detail is still
lost at the very center. Consistent with previously published work (and with our experimental data), sur-
face coils are shown to be an effective way to reduce aliasing artifacts and also to improve resolution, par-
ticularly when no field offset is used.

Halbach array LFI: future work

Simulations above suggest that performance gains are possible by breaking the symmetry of fields using a
linear field to offset the quadrupolar Halbach field. Such a field could be achieved in future experiments
by placing small permanent magnets at fixed locations around the Halbach array. We plan to compare the
imaging performance of centered and offset quadrupolar Halbach fields.

We will begin to generalize the imaging approach to three dimensions, possibly through curvilinear slice
selection [15]. An alternative approach is to phase-encode the through-plane direction using a transmit
coil with linearly-varying phase along the axis of the Halbach [10].

Image reconstruction with a “total generalized variation” prior [16] will also be explored as a way to sup-
press streaking artifacts for highly undersampled data.
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Opportunities exist to speed up the image reconstruction process by Fourier transforming the encoding
matrix into a domain where most of the coefficients are small and can be zeroed out [17]. In this way, re-
construction times may be decreased by a factor of 10 or more with minimal (almost imperceptible) blur-
ring of the image.

Finally, the SNR efficiency of the Halbach imaging pulse sequence will be increased using an echo train to
acquire, and then average, multiple readouts per TR.

Parallel-array detectors for the electromagnet LFI

We continue to work to understand the limits of acceleration that are possible with low-field MRI includ-
ing implementation of parallel imaging with array coils. At conventional high-field MRI scanner opera-
tional frequencies, “body noise” dominates inductive copper loop detection, resulting in strongly
correlated noise on each receive coil in the parallel array. At low field, uncorrelated Johnson noise domi-
nates, which proves a benefit to parallel imaging and accelerated imaging using SENSitivity Encoding
(SENSE). We have demonstrated the first 8-channel parallel imaging and acceleration obtained in this
new Johnston-noise dominated regime [18], and attach this abstract as an Appendix.

Parallel-array detectors: receive coil development

NMR parallel imaging at low frequency is a new regime and the optimal receive coil parameters are un-
known from the literature. Based on our measurements in Y2 Q1, we elected to build our 8-channel array
using 24 gauge copper wire using 30-turn coils with an inner diameter of 8 cm. When laid out flat with
coil center points aligned, optimal geometric decoupling between neighboring coils was found to occur at
1.6 cm of overlap.

For simplicity, our first phased array coil was built on a cylindrical form with the 8 coils individual ele-
ments forming a ring. Including the proper 1.6 cm overlap as described above, this results a circle with an
inner diameter of 15.6 cm. The design for the coil former was created in a 3D CAD program (Google
Sketchup) (Figure 23) and printed on a 3D printer (Dimension SST 1200es) in polycarbonate.

Figure 23: Final design of 8-channel phased array coil former
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The individual elements of this coil each required their own tuning and matching circuit board, which was
designed and produced on our circuit board router. Each coil element was placed on the 3D form and
tuned/matched to 276 kHz with at least ~20 dB return loss (Table 1). The coupling between all coils was
measured and recorded in (Table 2) A photograph of the complete 8-channel receive array coil is shown

in Figure 24
Coil Freq dB Coil Freq dB
(kHz) (kHz)
1 276.5 -33 5 276.5 -45
2 276.75 -36 6 276.25 -50
3 276.75 -39 7 276.5 -37
4 276.25 -45 8 276.25 -35

Table 1: Tuning frequency (in kHz) and attenuation (in dB) for 8 receive coils in parallel array coil

Coil |1 2 3 4 5 6 7 8
1 - -40 - - - - - -
2 -41 - -41 - - - - -
3 -11 -41 - -38 - - - -
4 -17 -11 -38 - -39 - - -
5 -19 -17 -11 -40 - -41 - -
6 -17 -19 -17 -11 -41 - -39 -
7 -13 -19 -19 -19 -13 -40 - -40
8 -41 -11 -17 -19 -17 -11 -40 -

Table 2: Measured coupling (in dB) between coils in the 8-channel receive array coil

Figure 24: The final eight-channel array coil (left) and the tune/match electronics stack (right).
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Parallel-array detectors: data processing and OLE automation
Update existing data processing tools

While the TNMR software that runs the Tecmag Redstone console has the ability to process data, doing so
ties up console computer and prevents data acquisition. Instead, the data is taken off the console comput-
er and analyzed by researchers on individual computers. Because most processing is done in MATLAB,
our laboratory has developed and maintains a library of scripts and functions capable of taking the raw
binary data file from TNMR and converting them to k-space and image-space figures. However, these files
were all developed for single-channel data. When acquiring from eight channels, TNMR interleaves the
data into two groups and then concatenates the data into a single data stream. The data must first be dein-
terlaced and redimensioned before Fourier transformation is performed and the image reconstructed. All
data processing functions were therefore rewritten and expanded to load an entire raw TNMR binary file
(containing acquired data as well as sequence timing and acquisition parameters) and auto-detect the
number of channels acquired and slices as well as the number of phase encode and readout steps. The re-
written script now returns to the user a matrix properly dimensioned and ready for diplay, simplifying
and streamlining the steps needed for viewing an image for both single and multi-channel data sets. This
is a major workflow improvement for our laboratory and is essential for multi-channel data.

Improve data flow via OLE automation

Field of view (FOV) is set in our MRI sequences by adjusting gradient strengths and step sizes in phase
encoding tables. However, the Redstone console running TNMR is a general purpose instrument and as
such requires a complex multi-step process to set FOV, requiring gradient table values to be computed
first in MATLAB and then copied into the TNMR program. This approach is vulnerable to error through
both miscalculation and operator oversight. At the least, it proved time consuming, particularly when
generated the sophisticated phase encode tables used in under-sampling sequences.

TNMR supports OLE automation, a process whereby one application is controlled by another, and
MATLAB is capable of automation. A MATLAB script was written that would take the computed gradient
table values for a given number of slices, phase encode steps and under-sampling ratio and write them di-
rectly to their corresponding variables in TNMR. This improvement increases the speed at which adjust-
ments can be made while scanning and decreases the risk of operator error in setting the FOV.

Develop image reconstruction tools for multi-channel data

All previous work in our lab has used only a single receive channel. All tools developed for visualization
were developed assuming single channel acquisition. However, N-channel coils will produce N images
that must then be combined into a single image. While algorithms for doing this have existed for years, a
function for doing so with our data had not yet been developed. We therefore wrote code that will com-
bine the images using a sum of squares approach (Eq 1),

(Eq. 1) P=,{p R'p
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where P is the resulting pixel intensity and p is a vector of the pixels from each coil [11]. R is the noise re-
sistance matrix in general, but for this preliminary data we assume it to be the identity matrix.

Parallel-array detectors: 8 channel image acquisition and reconstruction
Acquire and successfully reconstruct a multi-channel image

We first tested the parallel imaging coil by collecting FIDs using the b-SSFP sequence developed previous-
ly and modified for eight-channel acquisition. For this setup, the parallel imaging coil was centered inside
of a 25 cm solenoid tuned transmit coil, with a 15 cm diameter cylindrical CuSO4-doped water phantom
(Figure 25). The orientation shown resulted in the lowest coupling between the transmit and receive coils.

Figure 25: Test setup of 8 channel parallel imaging coil and phantom inside a 25 cm transmit coil in the 6.5
mT electromagnet LFI. The pale blue color is the CuSO4-doped water phantom.

Using a pulse width of 100 ps and frequency of 276 kHz, we collected an FID from a single channel
(Figure 26 left). We then collected FIDs from all eight channels (Figure 26 right, sorted in Figure 27) and
verified that all 8 channels were receiving signal. Some fluctuation in signal between individual channels is
expected due to the varying angle between each coil and the main magnetic field, as well as to small differ-
ences in the inductance, decoupling, tuning and matching of each coil.

Figure 26: (L) FID acquired from a single coil (channel 1) of an eight-channel phased array at 6.5 mT (276
kHz.) (R) Interleaved and concatenated FIDs acquired simultaneously from all eight elements of the phased
array at 6.5 mT (276 kHz).
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Figure 27: Eight simultanious FIDs from the experiment of Figure 26, deinterlaced and sorted.

In order to test the ability of the parallel array to acquire images in the electromagnet LFI, we acquired an
image of a homogenous doped-water phantom from each channel simultaneously. A typical single chan-
nel image (channel 1) is shown in Figure 28 (left). The geometric location of channel 1 is revealed in the
single channel image reconstruction. As anticipated, the NMR signal is strongest closest to the coil and
drops off as the distance from the sample to the coil increases. Image data from all eight coils was com-
bined into a single reconstructed image using a sum of square approach (Figure 28 right). This result rep-
resents the very first parallel MRI acquired at low field, in the frequency regime known as the Johnson
noise-dominated regime. Using a more optimized 3D b-SSFP imaging sequence and using a CuSO4 phan-
tom with a 3D-printed MGH/MIT logo inside, we acquired and reconstructed the eight-channel image
shown in Figure 29. These images represent the first parallel imaging results ever obtained in the low field
Johnson-noise-dominated regime.

Figure 28: (left) MRI image of homogenous phantom reconstructed using a single channel (channel 1) of
the eight-channel parallel imaging coil. (right) MRI image reconstructed using a sum-of-squares of all eight
channels. Both images acquired with 3D b-SSFP, NA 20, TE/TR=35 ms/56 ms, acquisition ma-
trix: 128x42x24, voxel size: 3x4.5x7 mm’. Total acquisition time = 18.8 min.
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Figure 29: First image of structured phantom reconstructed from an eight-channel simultaneous acquisi-
tion in the 6.5 mT LFI with 3D b-SSFP, NA 100, TE/TR=18 ms/36 ms, acquisition matrix: 128x60x5, voxel
size: 2x3x7 mm®. Total acquisition time = 18 min.

Decoupling strategies for receive array and transmit coil

NMR receive coils are oriented optimally when they are orthogonal to Bo. In this orientation, precessing
transverse magnetization generated by RF pulses punches flux orthogonally through each coil loop, gener-
ating the maximum inductive NMR signal. However, depending on the experimental geometry, the
transmit coil can also generate flux through the resonant detection coils. When this occurs, the Tx coil will
inductively couple to the Rx coils, and in this case the presence of the tuned Rx coil elements affect the RF
profile. Preliminary attempts to image using the eight channel array coil in the preferred orientation (ie,
Rx array in the xy plane) resulted in unacceptable coupling between the array and the transmit coil and
adversely affected the quality of the images collected. Because the coupling decreased with the array in the
yz plane (Figure 30), all parallel images above were all acquired with the array in this non-optimal (from a
signal perspective) orientation where Tx and Rx are essentially decoupled.

Figure 30: Orientation of eight channel array in the yz plane inside the electromagnet LFI.

Image data acquired with the array in this yz orientation (Figure 30) showed good signal from the coils on
the top and bottom of the array (i.e. Rx coils orthogonal to B,) but reduced signal from coils on the left
and right sides of the array (i.e. Rx coils parallel to By). While the reconstructed images have better SNR in
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this orientation, approximately half the coils are performing below their capability due to poor signal
along the z-axis. In the interest of maximizing signal in all the array coils, it was imperative to resolve the
inductive coupling between transmit and receive coils.

A decoupling solution would need to detune the receive coils when transmitting and likewise detune the
transmit coil while receiving. The usual solution for the high-field MRI relies on PIN diodes, however no
PIN diodes exist that have carrier lifetimes long enough for operation at our frequency of 276 kHz. A pas-
sive solution was decided upon because it could be quickly implemented with minimal modification to the
array and hardware and required no extra cables or circuitry. It consisted of placing high-speed silicon
crossed-diodes (BAV99) in series with the transmit coil and in parallel with each receive coil. A schematic
is shown in Figure 31.

Figure 31: Schematic of the passive decoupling scheme used for parallel imaging at low frequency. The
transmit (TX) coil resonator and a single receive (RX) coil resonator element are shown in a parallel-tune
(CT)/series-match (CM) circuit.

The crossed-diodes in the transmit circuit allow the transmit pulse to reach the transmit coil when the
pulse voltage is greater than the bias voltage (nom. 0.7 Vpc), a condition easily met during RF transmit.
When receiving, however, the voltage induced in the Tx coil from precessing magnetization is too small to
forward bias the crossed diodes, and the Tx coil remains decoupled during receive. On the receive coil, the
crossed-diodes short to ground any induced voltage greater than the bias voltage, a condition that may be
met during transmit. This decouples Rx during transmit. This very simple passive crossed-diode decou-
pling scheme greatly reduces coupling, and enables signal acquisition with the array coil played in the
more efficient xy plane. Greatly improved raw images collected with this new decoupling scheme are
shown in Figure 32, and reconstructed images are shown in Figure 33.
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Figure 32: Raw images acquired from individual elements of the eight-channel receive array, used to recon-
struct the final image shown in Figure 33C.

A

Figure 33: Schematic of the water-filled structured phantom (A), reconstruction of structured phantom
(NA=200, B) and reconstruction of a homogeneous phantom (NA=200, C). These improved images are the
consequence of the Tx/Rx decoupling strategy described above. Receive array was oriented in the xy plane.

Development of multi-channel data processing user interface

Previous work in developing data processing tools for multi-channel acquisitions has been expanded to a
master data processing interface that would allow each investigator in our lab to customize the data pro-
cessing to meet their needs without requiring modification of the underlying code. A graphical user inter-
face has been developed and is currently under evaluation (Figure 34).
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Figure 34: Screenshot of the graphical user interface for processing acquired multi-channel data. The user
selects various processing options (middle left) and the figures to display (middle right). Images at the bot-
tom of the GUI include a representative readout (bottom left) and display either k-space or phase for a sin-
gle channel/slice (bottom right). Changes made in options are reflected immediately in the images. Once
all settings are as desired, the “Process Data” button generates the Fourier transformed data and figures.

This graphical interface provides basic information about the data (name, size) and provides several pro-
cessing options as well as image output choices. Once a data file is loaded, a representative readout acqui-
sition is displayed as well as an image of the k-space or phase for a single channel (user selectable). As
different processing options are turned on or off the plots are immediately updated, and the “Process Da-
ta” button will produce the selected figures. For multi-channel data, the user can also choose display im-
age data from individual channels (e.g. Figure 32). As future work improves processing and output
options, this graphical data processing interface reduces the risk of errors appearing in the code while still
providing all investigators the flexibility needed in processing their data. As a side benefit, the interface
offers those with limited knowledge of MATLAB a simpler and more intuitive method for data proccess-
ing and visualization.

Development of image reconstruction tools for accelerated parallel acquisition data

The use of multi-channel receive arrays partially oversample each voxel. As a result, it is possible to im-
plement undersampling techniques which shorter scan times while maintaining comparable quality in
reconstructed images. At high magnetic field strengths, so-called “body noise” dominates, resulting in
strongly correlated noise between each receive element in the parallel array. At the low frequency that the
electromagnet LFI operates (276 kHz), uncorrelated Johnson noise dominates, providing a benefit to par-
allel imaging and accelerated imaging using SENSitivity Encoding (SENSE) as described in the next sec-
tion.

It was necessary to develop additional reconstruction tools in order to reconstruct undersampled (i.e. re-
duced by the reduction factor R) SENSE data. Undersampling lines of k-space results in aliased or folded
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images, and unaliasing the image requires solving a set of over-determined linear equations. MATLAB
routines for this have been developed previously at the MGH/Martinos Center and are available online'.
This code was modified so it could be included seamlessly with our previously developed multi-channel
reconstruction tools.

Implementation of image acceleration via SENSE

The negligible noise correlation between channels at low-field benefits the implementation of SENSE. As a
teasibility study, 1D SENSE reconstruction (reduction factor R=2) was simulated on the middle slice of the
tully sampled image. The noise covariance matrix and coil sensitivity maps were estimated from the data.
The corresponding experiment (R=2) was performed from a structured phantom. Noise data were ac-
quired using a b-SSFP sequence with RF transmit blanked (total acquisition = 704 s). Sensitivity maps
were estimated from the fully sampled data set acquired previously using third-order polynomial smooth-
ing. Aliased images were unfolded using the reconstruction code described above (Figure 35 and Figure
36).

Figure 35: (left) Noise covariance matrix for the eight-channel parallel array coil oriented in the xy plane.
The maximum value is approximately half the maximum value of when the array is placed in the yz plane.
(right) Correlation coefficient matrix for the eight-channel parallel array coil oriented in the xy plane. The
matrix is essentially the identity matrix, an indication that imaging at low field is Johnson noise dominated.
These measurements were made before passive decoupling was implemented, hence the difference between
the two Rx array orientations.

! Available at http://www.nmr.mgh.harvard.edu/~fhlin/
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1y I
Figure 36: (left) SENSE acquisition using the eight-channel parallel imaging coil with a reduction factor

R=2, results in an aliased image. (right) MRI image reconstructed using SENSE reconstruction algorithms.
Both images acquired with 3D bSSFP at 6.5 mT, NA 200, acquisition matrix : (left) 32x64x5, (right)
64x64x5.

The results shown here are first inductively-detected SENSE reduction images attained in the Johnson
noise dominated regime. Development of parallel imaging and SENSE acceleration are important steps
toward human imaging at very-low field. Future work will optimize the sequence to further improve im-
age quality. Additional array designs will be tested and SENSE combined with random undersampling
strategies will be investigated. We are encouraged by the image improvement attainable with our passive
decoupling scheme, and this will improve future SENSE acceleration as well.

TASK 1B: System control and image acquisition

Integration of Tecmag Redstone console with the hardware of Task 1A:

In Y1, we worked with Tecmag Inc. to design and deliver the final design specification of the multi-
channel enhanced MRI console upgrade for the LFI known as Redstone. This highly customized Redstone
console is used for RF and gradient pulse control and signal reception for the electromagnet LFI. It con-
tains the same capabilities of RF and gradient pulse control and signal reception as a clinical MRI scanner,
while maintaining much greater flexibility and operator control for MR sequence development. The Red-
stone console enables high-speed parallel imaging (including eight low-frequency receive channels) at the
unusual frequency regime of low-field MRI. It also contains two additional channels: a high-frequency
transmit channel and a high-frequency receive channel. The addition of these channels to the Redstone
offers the rather unique capability of performing simultaneous NMR/ESR in the LFI, unifying the effort of
Specific Aim 1 and the effort of Specific Aim 2, particularly critical for us in Y2 and in Y3. In Y2, we con-
tinued to work with Tecmag development engineers to improve the performance of this Redstone console.
A 5-bit (0-31 dB) digital attenuator was added allowing us to manage the enormous dynamic range dif-
ference between conventional '"H MRI and Overhauser-enhanced experiments from wthin sequence con-
trol. Tecmag has also been developing the 4™ generation NMR receiver board (“RX4”) and we have tested
a single channel prototype. This new receiver board has a much more linear gain over its 50 dB range and,
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especially at low-gain, we have measured improved SNR by at least a factor of 4. We expect an in-field up-
grade for the remaining receiver boards to the new RX4 boards early in Y3.

Begin development of image navigation and reconstruction methods:

In Y1, we developed a bidirectional control and processing pipeline between TNMR and MATLAB. This
pipeline allows us to seamlessly move data between the acquisition computer and the processing scripts.
The bidirectional pipeline allows MATLAB to directly control the TNMR pulse language and this control
the Tecmag Redstone directly. During Y2, we added additional functionality—spectroscopy processing
and single and multi-channel image reconstruction—by developing suites of MATLAB packages. The
Tecmag software that runs our Redstone console, TNMR, offers great flexibility in the design and imple-
mentation of designing and implementing new pulse sequences and is crucially enhanced by these soft-
ware packages as the work being developed in our laboratory such as bSSFP-based OMRI is not a standard
MRI technique. The parallel imaging reconstruction suite was described above in section Data processing
and OLE automation (p. 26ff). Below we detail the development of the NMR spectroscopy suite.

NMR data processing suite

We have greatly increased our efficiency in the processing and analysis of NMR data acquired in the LFI
with a more complete NMR data processing user interface written in MATLAB. An example of one the
user interface panels is shown in Figure 37. The NMR suite loads a TNMR data file and allows the user do
many of the most common data processing techniques much more quickly than in TNMR. The two most
important improvements of this custom software compared to TNMR are: 1) raw data is always readily
available so the user can quickly revert back and apply different processing parameters should the initial
parameters prove unsatisfactory. The user can quickly flip between looking the raw data, Fourier trans-
form, phase, peak amplitudes, and integral values. In TNMR, the raw data and processed data reside in
separate files, meaning the raw data must be reloaded whenever a change is to be made. 2) MATLAB has
much more robust curve fitting routines and more easily allows the user to create custom equations than
in TNMR. This last feature is very important as the optimal parameters for b-SSFP depend on the ratio of
the T; and T, relaxation times and requires an accurate pulse calibration.
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Figure 37: Typical screen shot of the in-house developed NMR data processing suite. The user interface al-
lows us to process data for our most common NMR experiments more quickly than the TNMR software
that runs the Tecmag console. For example, phase, apodization, and baseline correction parameters can be
applied and changed multiple times very quickly without the need to reopen the raw data file. Additionally,
curve fitting routines for several common experiments have been automated, significantly decreasing the
time spent determinating important sample parameters.

OMRI Injury Imaging
TASK 2A: OMRI Hardware Development

The design and development of hardware systems required for Overhauser Magnetic Resonance Imaging
(OMRI) is of key importance to Specific Aim 2. We describe below critical hardware design and sequence
optimization as well as the realization of a new method for Overhauser-enhanced free radical fast imaging
in the electromagnet LFI.

EPR coil design for OMRI 3D radical imaging

Development of EPR coils for 3D Overhauser-enhanced MRI has continued with several key advances. At
the end of Y1, we obtained a 78-fold NMR signal enhancement in a TEMPO/water solution using an 8
mm diameter EPR coil (194 MHz) as a proof of principle in the electromagnet LFI. During Y2, Q1 we
have designed and tested two different EPR coils designed to fit inside our 10 cm NMR imaging coil. A
saddle coil design is frequently used as a transverse resonator for its large B, amplitude, but can become
unsuitable for large samples at high frequencies because increased resistance of the coil results in reduced
performance. An Alderman-Grant (AG) coil is often used for larger coils at high frequencies as the resis-
tive losses are less severe, often more than making up for the theoretical loss in maximum B, amplitude
compared to a saddle coil. To help minimize resistive losses in the coil, as well as reduce SAR on the sam-
ple, both of the coils were tuned to the low field nitroxide resonance of 140.8 MHz rather than the central
resonance of 194 MHz. We been using glass formers for these coils as they provide excellent thermal sta-
bility in the presence of the Overhauser drive field.
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With an eye towards imaging applications, scaling the EPR transmit coils for larger samples presents sev-
eral challenges. Larger coils require higher input powers to achieve the same B, as smaller coils. Addition-
ally, large aqueous samples suffer significant more loss than smaller samples, resulting in a smaller quality
factor and decreased B, amplitude. This is problematic because Overhauser enhancement (and thus sensi-
tivity to nitroxide radicals) requires large B, amplitude. The new generation of coils is over 800 times larg-
er by volume than the coil used to measure the 78-fold NMR enhancement last year and yet we succeeded
in measuring a 50-fold NMR signal enhancement on a TEMPO/water solution.

3D Overhauser MRI using b-SSFP

As described above, we have successfully implemented 3D fast imaging on the LFI scanner using balanced
steady state free precession sequence (b-SSFP), achieving imaging speeds 27x faster as compared to 3D
gradient echo sequences for the same resolution. Our next step aims to combine fast 3D imaging with
Overhauser enhanced MRI (OMRI) to continue to improve temporal resolution and to prototype “injury-
sensitive” imaging with free-radical solutions. Our manuscript describing this work in more detail, “High
Speed 3D Overhauser-enhanced MRI using combined b-SSFP and Compressed Sensing” has been accept-
ed for publication at Magnetic Resonance in Medicine, and is attached as Appendix 8.

OMRI exploits the dipolar coupling between the unpaired electrons of free radicals and the "H nuclei of
water to increase nuclear magnetization via dynamic nuclear polarization (DNP) and subsequently images
the enhanced nuclear spin polarization with MRI. A difficulty of OMRI is that high power RF is needed to
saturate the electron spin for a time on the order of the nuclear T,. Additionally, as EPR frequencies are
two orders of magnitude higher than 'H frequencies, a high frequency resonator is required, leading to
high specific absorption rate (SAR), and limited penetration depth. For these reasons OMRI is usually
performed at a low- to intermediate magnetic field [19] or in a field-cycled setup [20], [21] but these ex-
periments are much slower and more complex than traditional MRI due to the need to refresh the DNP-
enhanced signal many times within the acquisition time.

We redesigned the 3D b-SSFP sequence described on p. 8 to incorporate EPR pulses (Figure 38). Unlike
other OMRI methods previously reported, this sequence requires no separate Overhauser polarization
step. By taking advantage of a steady-state sequence, the problem of rapid decay of the Overhauser-
enhanced signal is overcome by providing constant polarization in the sample during the acquisition in-
stead of in a separate imaging step.
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Figure 38: Diagram of the 3D b-SSFP sequence with embedded EPR pulses. N is the total number of TRs in

the sequence.

OMRI setup

A 7 cm OD, 13 cm long Alderman-Grant coil [22], [23] (Figure 39a) with guard rings to reduce sample
heating was made to saturate the electron spin resonance of the nitroxide radical 4-hydroxy TEMPO
(Sigma-Aldrich, St. Louis, MO, USA). The electron spin resonance is split into three transitions by the hy-
perfine coupling of the spin 1 N nucleus. As the SAR scales with w? [24]-[28] the EPR coil was tuned to
the low energy transition of 140.8 MHz to minimize SAR. The EPR coil was placed inside of a 10 cm OD,
16 cm long solenoid coil used for NMR excitation and detection at 276 kHz (Figure 39b). The coils were
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oriented such that their B, fields were perpendicular to each other and to B,.

Figure 39: OMRI setup: photographs of (a) the EPR (140.8 MHz) and (b) NMR (276 KHz) coils used for

the OMRI experiments.
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Steady-state signal with embedded EPR pulses

In order to understand the approach of transverse magnetization to steady state with embedded EPR puls-
es in the sequence, Bloch simulations (Figure 40) were performed in a 1D experiment (without the phase
encode gradients, i.e., at the center of k-space), with and without EPR irradiation to predict the buildup
and time course of transverse magnetization as well as the signal enhancement provided by DNP. Input
parameters to the simulations were the measured T, and T, relaxation times in the test sample, the meas-
ured DNP enhancement with 1.5 s EPR pulse (~3xT;) in a 1D experiment (-44.5), TR/TE= 27/54 ms and
a = 90°. Simulations were run on MATLAB using code written in house. The corresponding experiments
successfully matched with the simulations. The sequence was set with TR/TE= 27/54 ms, total bandwidth
BW=9091 Hz, and 71 Hz bandwidth per pixel.

Figure 40: Simulation and measurement of the approach to steady-state with- and without DNP. Plotted are
the echo amplitudes acquired during the pulse sequence of Figure 38 with only the read gradient active. The
DNP signal is nearly 30 times larger than the signal without DNP after reaching steady-state. Solid curves
plotted are not a fit to the data but rather an exact simulation with no free parameters.

OMRI structured phantom design

A configurable imaging phantom was built for these experiments. Various pieces designed to demonstrate
resolution in three dimensions and test the ability to resolve sharp edges in under-sampled k-space were
3D printed in polycarbonate on a Fortus 360mc (StrataSys, Eden Prairie, MN, USA). The 3D printed piec-
es were stacked inside a 5.5 cm ID, 13 cm long machined polycarbonate cylinder. The advantage of this
phantom is the flexibility to design and 3D print any desired structure for a particular experiment. The
cylinder was then filled with 250 mL of 2.5 mM 4-hydroxy TEMPO solution in water, and a leak-tight
polycarbonate cap inserted. The assembled phantom and individual pieces are shown in Figure 41. Imag-
ing experiments were performed in two different phantom stacking configurations. The first stacked ge-
ometry consists of two interlocking sets of a trio of stepwise-smooth cones and was used to evaluate the
3D character of the sequence and the minimum structure sizes that can be resolved for round shaped ob-
jects Figure 41 f-i. The second configuration used more complex structures with finer details to assess the
sequence performance, ability to resolve small in plane structures (Figure 41 b-e).
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Figure 41: Photograph of (1a) the assembled OMRI phantom, (2a) a 10 mm thick internal piece, and (3a) a
stack of internal pieces. Shown in (b-h) are individual pieces of the configurable phantom. A top view of the
stacked pieces for the phantom in configuration 1 as described in the text is shown in (i).

Imaging

The 3D imaging sequence was performed with full Cartesian acquisition of k-space. The sequence was set
with TR/TE = 54/ ms, a 256x64x112 mm’ field of view, and acquisition matrix of 128x64x32, resulting in
a 2x1x3.5 mm’ voxel size. Images are shown in Figure 42, Figure 43, and Figure 44. The balanced phase
gradient durations were both set to 20 ms to reach the desired in plane spatial resolution when the gradi-
ent amplifiers were at maximum power. The readout duration was 14 ms with 9091 Hz bandwidth and
total acquisition time was 114 s. Critical to the success of these experiments was a very stable magnetic
field as off-resonance effects can distort the image and cause severe banding artifacts[1].
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Figure 42: Images of the phantom of Figure 41 in configuration 1. Acquisition matrix: 128x64x32, voxel
size: 2x1x3.5 mm’. Total acquisition time = 114 s. Maximum SNR = 23.

Application of the EPR irradiation while the gradients are on is possible because our maximum gradient
strength is only 0.1 Gauss-cm™, giving a spread in electron resonance frequencies across the 5.5 cm sample
(in plane dimension) of ~ 1.54 MHz. The loaded FWHM of our coil in an S21 measurement was ~ 2.3
MHz (Q = 62), thus the spread in electron spin frequencies is well covered.

Figure 43: 3D rendering of the two sets of interlocked stepwise-smooth cones (slices 8-27 from Figure 42)
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Figure 44: Images of the phantom of Figure 41 in configuration 2. Acquisition matrix: 128x64x32, voxel
size: 2x1x3.5 mm’ Total acquisition time = 114 s. Maximum SNR = 24.6.

TASK 2B: In vitro nitroxide Overhauser-enhanced proton spectroscopy

Overhauser DNP sensitivity to free radicals

A key challenge in implementing OMRI for TBI will be detecting the small concentrations of NO radical
present in vivo. Reports on the local concentrations of NO found in TBI patients are difficult to find, how-
ever a study of isolated rat ischemic hearts found more than a 10-fold increase in the EPR signal compared
to a normally perfused heart indicating elevated levels of radical [29]. It has also been shown that the high
levels of NO radical result from the reduction of nitrite, which was found to be ~ 12 mM in ischemic rat
hearts [30] .Thus we investigated the ability to detect small concentrations of nitroxide radical via the
Overhauser effect by spectroscopy. DNP is usually associated with a larger signal than thermal equilibri-
um, but because the Overhauser enhanced signal has the opposite phase of the thermal equilibrium signal,
useful contrast can be gained when the Overhauser effect is very weak. For concentrations as low as 20
mM, we observed an Overhauser signal with the opposite phase (Figure 45) as the thermal equilibrium
signal (black line). At 10 mM nitroxide concentration, the Overhauser signal (blue line) is significantly
smaller than the thermal equilibrium but has the same phase. While large signal enhancements would
provide easy to observe contrast, these smaller signals can also be used by comparing an MRI with DNP to
an MRI without DNP and looking at the difference between the two images [21]. Locations where free
radical is present at sufficient concentrations will present a different signal between the two images so that
free radical species may still be detected at small concentrations. We move now towards determining the
sensitivity to free radical in b-SSFP imaging sequences as well as investigating theoretical limits to see if
further improvements can be made.
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Figure 45: Measurement of the sensitivity threshold to small concentrations of nitroxide radical via Over-
hauser enhanced NMR spectroscopy. These spectra were acquired in the electromagnet LFI at 6.5 mT (276
kHz). The ESR frequency was 140 MHz.

Investigation of free radical sensitivity in OMRI b-SSFP imaging sequences

At present, the amount of free radical produced in TBI and reperfusion injuries is not known, but esti-
mates for NO concentrations range from nM to tens of UM [31]-[38]. It is therefore important to deter-
mine the sensitivity of our OMRI hardware to small radical concentrations. As described in the previous
section and shown in Figure 45, DNP spectroscopy measurements of varying nitroxide concentrations
were used to estimate our ultimate detection limit of nitroxide free radicals. In these experiments, we ob-
serve signal contrast for nitroxide concentrations down to 10 UM and estimate that significant signal con-
trast is attainable under ideal conditions to < 7 UM. Ideal in this context means that the the DNP
enhancement is not limited by the B1 field of the EPR coil, and that the competition between electron-
nuclear dipolar relaxation (that drives DNP )with other relaxation mechanisms are not significantly af-
fected. The first of these two conditions can be difficult to fulfill. In spectroscopy, small RF coils with high
filling factors can be easily built to generate a strong B1. For imaging experiments, the coil often needs to
surround a volume that is much larger than the area of interest due to the size of the sample, and this can
significantly decrease B1. We therefore have tested our sensitivity using the OMRI setup described above.
A 2D b-SSFP sequence with the following parameters was used: matrix size = 128x55, pixel size = 2.5x1.5
mm, TR/TE = 49.52/24.56 ms, a=90°. Total acquisition time was 20 minutes. After image acquisition, a
50 threshold was applied to a reference image (Figure 46b) to remove noise. The signal regions of the ref-
erence image after applying the threshold were then used as a mask for the DNP image (Figure 46¢).
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Figure 46: A) Photograph of the phantom used to measure sensitivity to small nitroxide radical
concentrations. B) Reference b-SSFP image with no DNP pulses applied. The color scale is normalized to
the peak amplitude of the image taken with DNP. C) Image with DNP using the same sequence parameters
as the reference image. D) Pixel by pixel enhancement factor (i.e, the DNP image amplitude divided by
reference image amplitude). DNP contrast for all sample concentrations except for the control sample.

We used a phantom consisting of six vials of water with nitroxide concentrations ranging from 2 mM to
50 uM (Figure 46A). A seventh vial with no free radical was used as a control to ensure the application of
EPR pulses for DNP did not affect the signal. A reference MRI, acquired with no DNP, is shown in Figure
46B. It is worth noting in the reference image that all seven vials have very similar magnitudes regardless
of the nitroxide concentration. This is due to the insensitivity of bSSFP to T1 as long as TR << T1. This is
important because unlike relaxation contrast agents, such as Gd complexes, we can turn the DNP contrast
on and off simply by turning the EPR pulses in the imaging sequence on and off. Figure 46C is an image
taken with EPR pulses applied in the sequence. Figure 46B and Figure 46C differ only in the application of
EPR pulses during the phase encode gradients as shown in Figure 38. Notice the difference in scale be-
tween the reference and DNP image (both images normalized to the maximum signal in the DNP image).
The signal amplitude of the control sample with no free radical is the same as in the reference image. All
samples except for the center vial of 50 UM show an increase in signal implying positive contrast with
DNP. The signal amplitude of the 50 UM sample actually decreases by ~ 70%. This means we still have
significant negative contrast for 50 UM nitroxide concentration. Figure 46D shows the pixel by pixel signal
enhancement, E (i.e., signal with DNP divided by reference signal). E greater than 1 represents positive
contrast, E less than 1 is negative contrast, while E = 1 means there is no signal contrast with DNP. The
average enhancement factor for each vial is shown in Table 3.

44



Sample Conc. Enhancement Factor
0 (Control) 1+0.3
0.05 mM 0.25+0.2
0.1 mM 22+04
0.2 mM 45+1
0.5 mM 61
1 mMm 18+3
2 mM 26 7

Table 3: The average enhancement factor, E, calculated from Figure 46D for each of the seven vials. E > 1
represents positive contrast, E < 1 is negative contrast, and E = 1 is no contrast. All concentrations show
DNP contrast except the control sample.

TASK 2C: Ex vivo nitroxide detection in whole blood

We have been developing protocols for the ex vivo detection of NO following a rodent transient ische-
mia/reperfusion model [39] of endogenous nitroxide production as a first step to estimate in vivo detec-
tion limits. We have established a collaboration with Dr. Cenk Ayata and Dr. Fannie Herisson in the
departments of Neurology and Neuroscience at Massachusetts General Hospital, and they will perform
the biological work described below.

Ischemia reperfusion model in rodents

Endogenous reactive oxygen species such as hydroxyl radical OH-, azote monoxide NO-, superoxide ani-
on O2-, and their combined highly reactive product peroxynitrite ONOO- have been demonstrated in
rodent models of cerebral ischemia [40], [41]. Comparing permanent and transient occlusion of the mid-
dle cerebral artery in rats, Peters and colleagues demonstrated a burst of free radical superoxide anion in
vivo during the first hour following the recanalization, whereas permanent occlusion led to a steady in-
crease in reactive oxygen species (ROS) production [42]. These ROS are normally inactivated by endoge-
nous scavenging systems, but overwhelm them in ischemic conditions.

In the transient occlusion rodent models, a nylon filament is used to occlude the middle cerebral artery
(MCA), one of the intracranial branches of the internal carotid artery. Rats are operated under anesthesia
and temperature control system with a heating pad. After cervicotomy and dissection of the carotid bifur-
cation, the pterygopalatine artery, which is the only cervical branch of the internal carotid artery, is ligat-
ed. A nylon monofilament will be then inserted into the internal carotid artery from the external carotid
artery and pushed in the circulation to the MCA in the brain. The right positioning and the effectiveness
of the filament occlusion is continuously monitored by transcranial Doppler. After 30 to 60 minutes of
filament occlusion, the reperfusion is allowed by removing the filament. Blood will be drawn following
ischemia and reperfusion, and Overhauser-enhanced spectroscopy similar to that of Figure 45 will be per-
formed on this sample to estimate the types of DNP enhancement factors that may be expected in vivo.
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KEY RESEARCH ACCOMPLISHMENTS:

Electromagnet LFI:

Demonstrated 'H imaging in the reconfigured biplanar electromagnet LFI head imager test bed at
6.5 mT (276 kHz) with 2 mm in-plane resolution using 3D gradient echo imaging

Demonstrated 25X faster '"H imaging in LFI using the first low-field implementation of b-SSFP
Demonstrated an additional 6x acceleration in 'H imaging using the first implementation of com-
pressed sensing and undersampled b-SSEP at low field

Developed 3D printed polycarbonate phantoms for use in both '"H MRI and OMRI experiments

Permanent magnet Halbach LFI:

Acquired high spatial resolution NMR-based magnetic field maps of the Halbach imaging field
Developed and simulated strategy for spatial encoding and reconstruction

Designed, built, and tested RF transmit coils

Designed, built, and evaluated 8-channel RF receive array and channel multiplexer

Evaluated and simulated effect of finite RF pulse length and off-resonance RF pulses

Acquired initial 1D and 2D projection images of test phantom

Parallel imaging in electromagnet LFI

Designed, built, and evaluated 8-channel Rx array for 276 kHz

Acquired and reconstructed the first 8-channel MRI image in the Johnson noise regime

First demonstration of accelerated SENSE imaging in the Johnson noise regime.

Developed and implemented passive multi-channel decoupling strategy suitable for low frequency

System control/Integration of Redstone console with electromagnet LFI

Fully integrated TNMR/MATLAB pulse sequence control

Installed digital attenuator board and spec’d/tested new low-noise RX4 receiver module
Developed NMR spectroscopy data processing suite

Developed multi-channel data processing user interface

Developed image reconstruction tools for accelerated parallel imaging

Overhauser NMR and MRI in electromagnet LFI:

Improved high-power high-Q EPR coils for OMRI imaging

Simulated and measured NMR spin dynamics under b-SSFP combined with Overhauser DNP
Developed new MRI sequence for free radical imaging: Overhauser-enhanced MRI using b-SSFP
Acquired 32 slice, 1 mm in-plane resolution very high-speed OMRI free-radical images at 6.5 mT
Calculated and measured sensitivity limit for free radicals Overhauser-enhanced spectroscopy
Investigated free radical sensitivity in OMRI b-SSFP imaging sequences

Established protocol to measure NO via ex vivo OEPS/OMRI in whole blood
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REPORTABLE OUTCOMES:

10.

11.

J P Stockman, C Z Cooley, M S Rosen, and L L Wald, “Flexible encoding and reconstruction strat-
egies using a rotating inhomogenous magnetic field for new MRI applications”, presented at the
ISMRM Data Sampling and Image Reconstruction Workshop, 3-6 February 2013, Sedona, AZ.

M Sarracanie, B D Armstrong, and M S Rosen, “High speed 3D b-SSFP at 6.5 mT”, to be presented
at the 2013 Experimental NMR Conference, 14-19 April 2013, Pacific Grove, CA.

B D Armstrong, M Sarracanie, ] Stockman, and M S Rosen, “High speed 3D Overhauser-enhanced
MRI using combined b-SSFP and compressed sensing”, to be presented at the 2013 Experimental
NMR Conference, 14-19 April 2013, Pacific Grove, CA.

C D LaPierre, M Sarracanie, L L Wald, and M S Rosen, “Parallel imaging and acceleration in the
Johnson noise dominated regime”, to be presented at the 2013 Experimental NMR Conference, 14—
19 April 2013, Pacific Grove, CA.

C Z Cooley, ] P Stockman, B D Armstrong, M S Rosen, and L L Wald, “A lightweight, portable
MRI brain scanner based on a rotating Halbach magnet”, to be presented at the 2013 Experimental
NMR Conference, 14-19 April 2013, Pacific Grove, CA.

M Sarracanie, B D Armstrong, and M S Rosen, “High speed 3D b-SSFP at 6.5 mT”, to be presented
at the 2013 International Society for Magnetic Resonance in Medicine, 20-26 April 2013, Salt Lake
City, UT.

B D Armstrong, M Sarracanie, ] Stockman, and M S Rosen, “High speed 3D Overhauser-enhanced
MRI using combined b-SSFP and compressed sensing”, to be presented at the 2013 International
Society for Magnetic Resonance in Medicine, 20-26 April 2013, Salt Lake City, UT.

C D LaPierre, M Sarracanie, L L Wald, and M S Rosen, “Parallel imaging and acceleration in the
Johnson noise dominated regime”, to be presented at the 2013 International Society for Magnetic
Resonance in Medicine, 20-26 April 2013, Salt Lake City, UT.

C Z Cooley, ] P Stockman, B D Armstrong, M S Rosen, and L L Wald, “A lightweight, portable
MRI brain scanner based on a rotating Halbach magnet”, to be presented at the 2013 International
Society for Magnetic Resonance in Medicine, 20-26 April 2013, Salt Lake City, UT.

J P Stockman, C Z Cooley, M S Rosen, and L L Wald, “Flexible spatial encoding strategies using
rotating multipolar fields for unconventional MRI applications”, to be presented at the 2013 Inter-
national Society for Magnetic Resonance in Medicine, 20-26 April 2013, Salt Lake City, UT.

M S Rosen, invited talk, “New methods of low-field MRI for application to TBI”, given at the Next
Generation Medical Imaging Workshop, Carnegie Mellon University, 5 Sept 2012, a video of which
is available at http://wms.andrew.cmu.edu:81/nmvideo/Bio/9_Rosen.mov
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12. M S Rosen, invited talk, “New methods of low-field MRI for application to TBI: first results”, given
at the Military Health System Research Symposium, Ft Lauderdale, FL, 13-16 August 2012.

13. M S Rosen, “Molecular imaging at low magnetic field; endogenous and exogenous free radical
MRI”, 28 January 2013, MGH/Martinos Molecular Imaging Seminar, Boston MA.

14. M Sarracanie, B D Armstrong, ] P Stockman, and M S Rosen, “High Speed 3D Overhauser-
enhanced MRI using combined b-SSFP and Compressed Sensing”, accepted for publication in
Magnetic Resonance in Medicine.

CONCLUSION:

The reason MRI is not widely deployable is that high-strength magnetic fields (of order 1 T) are necessary
with conventional MRI to obtain useful brain images. Such high magnetic fields involve large, heavy, frag-
ile, expensive equipment (such as superconducting magnets) that is incompatible with operation in field
hospitals. We contend that that low-magnetic-field implementations of MRI can be developed to allow
robust, transportable imaging modalities well suited to diagnose the types of battlefield injuries prevalent
in TBI and practical for operation in field hospitals. Application of the suite of techniques and technolo-
gies from our work could advise future development of a deployable device with a high diagnostic impact
and could be transformative, enabling improved diagnosis and monitoring of battlefield injuries prevalent
in TBI.

Much of the hardware development for the human head LFI test bed systems (Aim 1) and for the OMRI
system (Aim 2) was completed in Y1. Progress in Y2 for Aim 1 focused on imaging sequence development
and optimization, and implementation of parallel imaging acceleration. Aim 2 efforts included work to
maximizing the OMRI signal attainable from free-radical test solutions with a minimum of applied Over-
hauser power. We have also successfully demonstrated high-speed free-radical OMRI, and investigated
the sensitivity of both NMR and MRI-based measurements to free radical concentrations as a path toward
in vivo applications.

The electromagnet LFI has been optimized to provide an ideal state-of-the art test bed for all of the novel
acquisition, detection methodologies, and reconstruction algorithms including navigators and sparse
sampling, and additionally will provide necessary experience and data to advise optimal construction and
magnetic field for any future electromagnet-based deployable systems. In its current configuration, this
state-of-the-art scanner enables high-performance spectroscopy and 8-channel imaging at 6.5 mT, and is
fully equipped for Overhauser DNP experiments. We continue to improve the ability to acquire images
based on the intrinsic 'H signal by combining new low-field hardware methodology and advanced pulse
sequence and reconstruction methods.

The imaging experiments presented above in the optimized electromagnet LFI are compelling: high quali-
ty '"H MRI at 6.5 mT is in fact attainable over reasonable averaging times using high performance hard-
ware and advanced MRI sequences. A critical question for this work is the understanding of the clinical
balance and impact that the tradeoff between acquisition time and resolution implicit in imaging plays on
the operation of a deployable scanner.
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Our second low field imaging test bed, the permanent magnet Halbach LFI is based around a lightweight
(45 kg) and portable magnet with a built-in encoding field for MRI. Its a highly specialized and potentially
disruptive scanner that could greatly ease both the cost and burden of a field-forward instrument purpose-
built for TBI imaging. Imaging in the highly inhomogeneous magnetic field of the Halbach scanner is
challenging, however results presented above using simultaneous NMR measurement to track magnet
drift, and multi-channel receive arrays to unwrap image aliasing is encouraging.

We have also been developing technology for a wholly new approach to brain imaging that may revolu-
tionize the use of MRI for the assessment and treatment of secondary brain injury following TBI: direct
tomographic detection of endogenous free radicals as an early marker for TBI. This new form of contrast,
“injury-sensitive MRI”, is based on the enormous signal enhancement attainable with Overhauser DNP,
converting the electron spin of endogenous free radicals into nuclear polarization using the Overhauser
effect and subsequently imaging that modified nuclear polarization using low-field MRI (OMRI).

We have developed and demonstrated a new, non-field-cycled strategy for fast high-resolution 3D OMRI
using b-SSFP at 6.5 mT. The embedding of the EPR excitation pulses directly into the b-SSFP sequence
which eliminates the pre-polarization step used in other OMRI sequences, reducing the acquisition time
and obviating the need for long, high power RF EPR pulses. The use of undersampling strategies and
compressed sensing reconstruction algorithms further reduces imaging time. We have shown that an un-
dersampling rate of 70 % gives unperceivable reconstruction errors when compared with the fully sampled
data sets

The low-field OMRI results presented above demonstrate promise for high-speed high-resolution free-
radical imaging, and offers new perspectives for the measurement of free radicals in living organisms. The
long-term goal of this work is an in vivo implementation of this technique. Free-radical sensitive low-field
OMRI as a novel imaging and diagnostic MRI-based method with specificity to secondary-injury has the
potential to clarify the mechanisms involved in secondary damage and the local effects of novel therapies.
Time-critical imaging of free radicals can provide the unique interventional access critically needed for
drug therapies and this technique would fill the clear need for an “injury imager”, suitable for non-
invasive tomographic measurement (Figure 47).

Figure 47: Schematic of the development of a new interventional imaging and treatment tool for in vivo de-
tection of endogenous free radicals associated with secondary injury following TBI using low-field OMRI as
developed here. This same approach can similarly open up new treatment windows into stroke and other
ischemic events. MRI-based in vivo free radical imaging using OMRI is impossible at high-field due to the
inability of the ESR pulse to penetrate into tissue, and the danger of RF heating in the microwave regime.
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Successful demonstration of this system in vivo will provide image-based injury specificity for TBI and for

the first time open a window into a critical mechanism of TBI-related disease and an unambiguous non-

invasive in vivo marker for cerebral injury. Time-critical imaging of free radicals associated with second-

ary imaging can provide the unique interventional access critically needed to develop and deliver drug

therapies to mitigate brain damage, reducing disability and death from secondary injury following TBI.

The low-field approach would allow placement of this critical new diagnostic “injury imager” tool close to

the source of injury—as well as in hospitals and clinics where rehabilitation takes place.

REFERENCES:

[1]

[6]

[7]

[10]

[11]

[12]

[13]

[14]

K. Scheffler and S. Lehnhardt, “Principles and applications of balanced SSFP techniques,” Euro-
pean Radiology, vol. 13, no. 11, pp. 2409-2418, Nov. 2003.

E. J. Candes, J. Romberg, and T. Tao, “Robust uncertainty principles: exact signal reconstruction
from highly incomplete frequency information,” IEEE Trans. Inform. Theory, vol. 52, no. 2, pp.
489-509.

“An Introduction To Compressive Sampling,” vol. 25, no. 2, pp. 21-30, 2008.

M. Lustig, D. Donoho, and J. M. Pauly, “Sparse MRI: The application of compressed sensing for
rapid MR imaging,” Magnetic Resonance in Medicine, vol. 58, no. 6, pp. 1182-1195, 2007.

K. P. Pruessmann, M. Weiger, M. B. Scheidegger, and P. Boesiger, “SENSE: sensitivity encoding
for fast MRI,” Magnetic Resonance in Medicine, vol. 42, no. 5, pp. 952-962, 1999.

N. de Zanche, C. Barmet, J. A. Nordmeyer-Massner, and K. P. Pruessmann, “NMR probes for
measuring magnetic fields and field dynamics in MR systems,” Magnetic Resonance in Medicine,
vol. 60, no. 1, pp. 176-186, Jul. 2008.

G. Schultz, H. Weber, D. Gallichan, W. R. T. Witschey, A. M. Welz, C. A. Cocosco, ]. Hennig, and
M. Zaitsev, “Radial Imaging With Multipolar Magnetic Encoding Fields,” IEEE Trans. Med. Im-
aging, vol. 30, no. 12, pp. 2134-2145.

J. P. Stockmann, P. A. Ciris, G. Galiana, L. Tam, and R. T. Constable, “O-space imaging: Highly
efficient parallel imaging using second-order nonlinear fields as encoding gradients with no phase
encoding,” Magnetic Resonance in Medicine, vol. 64, no. 2, pp. 447-456, 2010.

Q. Deng, J. Sharp, V. Volotovskyy, B. Tomanek, and S. King, “1D RF Phase Gradient Coil for
TRASE RF Imaging,” presented at the Proc. Intl. Soc. Mag. Reson. Med., 2011, p. 1813.

J. C. Sharp and S. B. King, “MRI using radiofrequency magnetic field phase gradients,” Magnetic
Resonance in Medicine, vol. 63, no. 1, pp. 151-161, Jan. 2010.

P. B. Roemer, W. A. Edelstein, C. E. Hayes, S. P. Souza, and O. M. Mueller, “The NMR phased
array,” Magnetic Resonance in Medicine, vol. 16, no. 2, pp. 192-225, 2005.

G. C. Wiggins, C. Triantafyllou, A. Potthast, A. Reykowski, M. Nittka, and L. L. Wald, “32-
channel 3 Tesla receive-only phased-array head coil with soccer-ball element geometry,” Magnet-
ic Resonance in Medicine, vol. 56, no. 1, pp. 216-223, 2006.

M. H. Levitt and R. Freeman, “NMR population inversion using a composite pulse,” Journal of
Magnetic Resonance, vol. 33, no. 2, pp. 473-476, 1979.

B. Luy, K. Kobzar, T. E. Skinner, N. Khaneja, and S. J. Glaser, “Construction of universal rotations

50



[15]

[16]

[17]

[18]

[19]

[20]

[21]

[22]

[23]

[24]

[25]
[26]

[27]

[28]

from point-to-point transformations,” Journal of Magnetic Resonance, vol. 176, no. 2, pp. 179-
186.

H. Weber, D. Gallichan, G. Schultz, C. A. Cocosco, S. Littin, W. Reichardt, A. Welz, W. Witschey,
J. Hennig, and M. Zaitsev, “Excitation and geometrically matched local encoding of curved slic-
es,” Magnetic Resonance in Medicine, 2012.

F. Knoll, G. Schultz, K. Bredies, D. Gallichan, M. Zaitsev, ]. Hennig, and R. Stollberger, “Recon-
struction of undersampled radial PatLoc imaging using total generalized variation,” Magnetic
Resonance in Medicine, pp. n/a-n/a, Jul. 2012.

D. Gallichan, C. A. Cocosco, G. Schultz, H. Weber, A. M. Welz, J. Hennig, and M. Zaitsev, “Prac-
tical considerations for in vivo MRI with higher dimensional spatial encoding,” Magnetic Reso-
nance Materials in Physics, Biology and Medicine, vol. 25, no. 6, pp. 419-431, Apr. 2012.

C. D. LaPierre, M. Sarracanie, L. L. Wald, and M. S. Rosen, “Parallel imaging and acceleration in
the Johnson noise dominated regime,” To be presented at 21st Meeting of International Society of
Magnetic Resonance in Medicine, Salt Lake City, Utah, April 20-26 2013. pp. 1-1, 11-Nov-2012.

Z. Sun, H. Li, S. Petryakov, A. Samouilov, and J. L. Zweier, “In vivo proton electron double reso-
nance imaging of mice With fast spin echo pulse sequence,” Journal of Magnetic Resonance Im-
aging, vol. 35, no. 2, pp. 471-475, Dec. 2011.

W. Youngdee, D. J. Lurie, and M. A. Foster, “Rapid imaging of free radicals in vivousing hybrid
FISP field-cycled PEDRI,” Physics in Medicine and Biology, vol. 47, no. 7, pp. 1091-1100, Mar.
2002.

D. J. Lurie, D. J. Lurie, D. J. Lurie, G. R. Davies, G. R. Davies, G. R. Davies, M. A. Foster, M. A.
Foster, M. A. Foster, J. M. S. Hutchison, J. M. S. Hutchison, and J. M. S. Hutchison, “Field-cycled
PEDRI imaging of free radicals with detection at 450 mT.,” vol. 23, no. 2, pp. 175-181, Feb. 2005.

D. Alderman and D. Grant, “An efficient decoupler coil design which reduces heating in conduc-
tive samples in superconducting spectrometers,” ] Magn Reson, vol. 36, no. 3, pp. 447-451, 1979.

D. J. Lurie, H. Li, S. Petryakov, and J. L. Zweier, “Development of a PEDRI free-radical imager
using a 0.38 T clinical MRI system,” Magnetic Resonance in Medicine, vol. 47, no. 1, pp. 181-186,
Dec. 2001.

P. A. Bottomley and E. R. Andrew, “RF magnetic field penetration, phase shift and power dissipa-
tion in biological tissue: implications for NMR imaging,” Physics in Medicine and Biology, vol.
23, no. 4, pp. 630-643, May 2002.

J. Jin, Electromagnetic Analysis and Design in Magnetic Resonance Imaging. CRC Press, 1998.

C. M. Collins, S. Li, and M. B. Smith, “SAR and B1 field distributions in a heterogeneous human
head model within a birdcage coil,” Magnetic Resonance in Medicine, vol. 40, no. 6, pp. 847-856,
Dec. 1998.

C. M. Collins and M. B. Smith, “Calculations ofB1 distribution, SNR, and SAR for a surface coil
adjacent to an anatomically-accurate human body model,” Magnetic Resonance in Medicine, vol.
45, no. 4, pp. 692-699, 2001.

C. M. Collins and Z. Wang, “Calculation of radiofrequency electromagnetic fields and their effects
in MRI of human subjects.,” Magnetic Resonance in Medicine, vol. 65, no. 5, pp. 1470-1482, May
2011.

o1



[29]

[30]

[31]

[32]

J. L. Zweier, P. Wang, and P. Kuppusamy, “Direct measurement of nitric oxide generation in the
ischemic heart using electron paramagnetic resonance spectroscopy,” Journal of Biological Chem-
istry, vol. 270, no. 1, pp. 304-307, 1995.

J. L. Zweier, P. Wang, A. Samouilov, and P. Kuppusamy, “Enzyme-independent formation of ni-
tric oxide in biological tissues,” Nat Med, vol. 1, no. 8, pp. 804-809, 1995.

P. A. Rashid, A. Whitehurst, N. Lawson, and P. M. W. Bath, “Plasma nitric oxide (nitrate/nitrite)
levels in acute stroke and their relationship with severity and outcome,” Journal of Stroke and
Cerebrovascular Diseases, vol. 12, no. 2, pp. 82-87, Mar. 2003.

K. L. H. Carpenter, I. Timofeev, P. G. Al-Rawi, D. K. Menon, J. D. Pickard, and P. J. Hutchinson,
“Nitric oxide in acute brain injury: a pilot study of NO x concentrations in human brain microdi-
alysates and their relationship with energy metabolism,” in link.springer.com, vol. 102, no. 41, Vi-
enna: Springer Vienna, 2009, pp. 207-213.

C. Iadecola, “Bright and dark sides of nitric oxide in ischemic brain injury,” Trends in neurosci-
ences, vol. 20, no. 3, pp. 132-139, 1997.

L. Cherian, J. C. Goodman, and C. S. Robertson, “Brain nitric oxide changes after controlled cor-
tical impact injury in rats,” Journal of neurophysiology, vol. 83, no. 4, pp. 2171-2178, 2000.

L. Cherian, J. C. Goodman, and C. Robertson, “Neuroprotection with Erythropoietin Administra-
tion Following Controlled Cortical Impact Injury in Rats,” Journal of Pharmacology and Experi-
mental Therapeutics, vol. 322, no. 2, pp. 789-794, May 2007.

T. Malinski, F. Bailey, Z. G. Zhang, and M. Chopp, “Nitric oxide measured by a porphyrinic mi-
crosensor in rat brain after transient middle cerebral artery occlusion,” Journal of Cerebral Blood
Flow & Metabolism, vol. 13, no. 3, pp. 355-358, 1993.

M. J. Ahn, E. R. Sherwood, D. S. Prough, C. Yie Lin, and D. S. DeWitt, “The effects of traumatic
brain injury on cerebral blood flow and brain tissue nitric oxide levels and cytokine expression,”
Journal of Neurotrauma, vol. 21, no. 10, pp. 1431-1442, 2004.

X. Zheng, K. Liu, and Y. Yang, “Real-Time Measurement of Murine HippocampusHippocampus
NO Levels in Response to Cerebral Ischemia/ReperfusionReperfusion,” in Nitric oxide methods
and protocols, vol. 704, no. 6, Totowa, NJ: Humana Press, 2010, pp. 73-80.

R.J. Traystman, J. R. Kirsch, and R. C. Koehler, “Oxygen radical mechanisms of brain injury fol-
lowing ischemia and reperfusion,” Journal of Applied Physiology, vol. 71, no. 4, pp. 1185-1195,
1991.

Y. Giirsoy-Ozdemir, H. Bolay, O. Saribas, and T. Dalkara, “Role of endothelial nitric oxide gener-
ation and peroxynitrite formation in reperfusion injury after focal cerebral ischemia,” Stroke, vol.
31, no. 8, pp. 1974-1981, 2000.

M. Suzuki, M. Tabuchi, M. Ikeda, and T. Tomita, “Concurrent formation of peroxynitrite with
the expression of inducible nitric oxide synthase in the brain during middle cerebral artery occlu-
sion and reperfusion in rats,” Brain research, vol. 951, no. 1, pp. 113-120, 2002.

O. Peters, T. Back, U. Lindauer, C. Busch, D. Megow, J. Dreier, and U. Dirnagl, “Increased For-
mation of Reactive Oxygen Species After Permanent and Reversible Middle Cerebral Artery Oc-
clusion in the Rat,” Journal of Cerebral Blood Flow & Metabolism, pp. 196-205, Feb. 1998.

52



APPENDICIES:

Year 2 Statement of Work

We attach for reference the Year 2 SOW as Appendix 1.

Abstracts accepted for presentation

We attach as Appendices 2-7 six abstracts accepted for presentation that result from research presently
funded in the Rosen lab by DoD/DMRDP. The first five of these will be presented at the 21* Annual Meet-
ing of the International Society for Magnetic Resonance in Medicine (ISMRM), to take place 20-26 April
2013 in Salt Lake City, UT. An additional abstract was accepted for presentation at the ISMRM Data Sam-
pling and Image Reconstruction Workshop, which took place 3-6 February 2013 in Sedona, AZ.

High speed 3D b-SSFP at 6.5 mT

High speed 3D Overhauser-enhanced MRI using combined b-SSFP and compressed sensing
Parallel imaging and acceleration in the Johnson noise dominated regime

A Lightweight, portable MRI brain scanner based on a rotating Halbach magnet

Flexible spatial encoding strategies using rotating multipolar fields for new MRI applications

S o

Flexible encoding and reconstruction strategies using a rotating inhomogenous magnetic field for
new MRI applications

Manuscript accepted for publication

We attach as Appendix 8 the manuscript “High Speed 3D Overhauser-enhanced MRI using combined b-
SSFP and Compressed Sensing”, accepted for publication in Magnetic Resonance in Medicine.
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M. Rosen (P1), Harvard University

Y2 1. Low Field I mager

Ql-4 1A DEMONSTRATION of thermal management for
Low-field MRI Hardware electromagnet.
Development

DEMONSTRATION of Bohomogeneity and
stability.

DEMONSTRATION of linearity of gradient coils.

DEMONSTRATION of sensitivity and acceleration
provided by of multi-coil-array parallel imaging

system.
Ql-4 1B c | and | INTEGRATE commercial MRI console with
System Control and Image hardware developed in sub-task 1A.

Acquisition
Complete DEVELOPMENT of image navigation and
reconstruction methods.

Q34 1C i
Demonstration of Head Imager DEVELOPMENT of head-shaped phantoms.

Y2 2. OMRI injury imaging

Q14 2A e
OPTIMIZATION of OMRI system sensitivity based
OMRI Hardware Development on findings from subtasks 2B and 2C.

Q14 2B .
) COMPARISON of NO-Hb OEPS with free-NO
In Vitro NO Overhauser effect- OEPS in agueous solution at avariety of Hb
Enhanced Proton Spectroscopy concentrations
(OEPS) )

Q34 2C “ "

N . DEVELOPMENT of protocols for “Gold Standard

gg\g:\t/%nGold Standard” for NO Ex Vivo detection of NO-Hb in whole blood via X-

band (9.4 GHz) Electron Paramagnetic Resonance
(EPR) spectroscopy.

YEAR 2 DELIVERABLES: Detailed technical reports on development and initial tests of the low-field
human head imager and the OMRI system for imaging Overhauser-enhanced free radicals.

Appendix 1: Year 2 Statement of Work
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High Speed 3D b-SSFP at 6.5 mT

Mathieu Sarracanie"?, Brandon D. Armstrongu, and Matthew S. Rosen'”
! Department of Physics, Harvard University, Cambridge, MA, United States, "MGH/Martinos Center for Biomedical Imaging, Boston, MA, United States

Target audience: MR physicists and clinicians interested in performing fast 3D imaging at very-low magnetic field and on the design
of high-performance purpose-built MRI systems.

Purpose

Without major innovation, high-field MRI instruments offer limited utility in field deployable and portable contexts. Our effort
focuses on the high-risk and critical challenges that must be solved to enable deployment of transportable dedicated MRI systems.
This includes the development of robust low-field scanner hardware methodologies, the development of state of the art high-speed
imaging strategies and work on advanced adaptive reconstruction methods including navigators and sparse sampling. With the goal of
demonstrating a proof-of-principle of a suite of techniques and technologies to advise future development of a field-deployable device
with high diagnostic impact, the present work reports on the development of fast 3D imaging at very-low magnetic field (6.5 mT)
using the intrinsic 'H NMR signal and balanced steady state free precession (b-SSFP).

Methods

A very stable magnetic field is a critical element of the experiment as off-resonance effects can distort the image and cause severe
banding artifacts [2]. A custom built, low-field MRI scanner with a bi-planar 6.5 mT electromagnet (B,) and bi-planar gradients was
used for all experiments and was previously described [1]. The system was upgraded and optimized for 'H imaging resulting in
improved By stability, higher gradient slew rates, and lower overall noise. This effort included the use of an improved power supply
(System 854T, Danfysik, Taastrup, Denmark) for the electromagnet with 1 ppm stability over 20 minutes and +2 ppm stability over
2 hours, and the addition of high-current shielded cables throughout the system. The scanner operates inside a double-screened
enclosure (ETS-Lindgren, St. Louis, MO, USA) with a RF noise attenuation factor of 100 dB from 100 kHz to 1 GHz. The 3D
imaging experiment was performed with Cartesian acquisition of k-space using b-SSFP. The sequence was set with TR/TE = 42/21
ms, acquisition matrix = 128x41x11, voxel size = 2.7x2.5x9 mm3, number of averages (NA) = 40. The readout duration was 7.04 ms
with 9091 Hz bandwidth and total acquisition time was 12.6 min for fully sampled k-space.

Figure 1: 11 slices of the imaged bell pepper at 6.5 mT with 2.7x2.5x9 mm® resolution in 12.6 min. ~ Figure 2: 3D rendered image of the bell
pepper reconstructed from the acquired MRI
dataset.

Results

Figure 1 shows the 11 slices of a bell pepper acquired using 3D b-SSFP with 2.7x2.5x9 mm® resolution. Figure 2 shows a 3D rendered

image of the reconstructed object.

Conclusion

3D imaging across a 10 cm diameter bell pepper with 2.7x2.5x9 mm® voxel size was achieved within 13 min at 6.5 mT. This result is
the first implementation of b-SSFP at very low magnetic field. The presented work overcomes the main limitations of working at low
field, which typically results in poor SNR and prohibitively long acquisition times, by using a custom built optimized scanner with
stable magnetic field B, and low overall noise that allows implementation of b-SSFP imaging. The use of undersampling strategies
and compressed sensing reconstruction algorithms could further reduce the imaging time. We have recently shown that an
undersampling rate of 70 % gives unperceivable reconstruction errors when compared with fully sampled data sets [3]. Thus, we
expect the total acquisition time for the presented image to reach ~6 min and ~3 min with 50% and 70% undersampling respectively.
The optimized bi-planar electromagnet combined with fast 3D imaging strategies and sparse sampling has potential to reach clinical
standards for patient imaging and open new perspectives for a generation of low-cost, high-performance, and purpose-built imagers
practical for operation in hospitals, battlefield medical facilities, or forward triage centers.

References: [1] Tsai LL e al. JIMR 2008; 193: 174-85 ; [2] Scheffler K er al. Eur Radiol 2003;13:2409-18; [3] Sarracanie M et al.
MRM 2012; submitted.

Ackowledgement: This research was supported by the Department of Defense, Defense Medical Research and Development
Program, Applied Research and Advanced Technology Development Award W81XWH-11-2-0076 (DM09094).
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High Speed 3D Overhauser-Enhanced MRI using combined b-SSFP and Compressed Sensing
Brandon Dean Armslmngl‘z, Mathieu Sarracanie'?, Jason Stockmann'?, and Matthew Rosen'*
!Physics, Harvard University, Cambridge, MA, United States, *Martinos Center for Biomedical Imaging, Boston, MA, United States

Target Audience: Free radical imaging, hyper-polarization, MR method development and hardware

Purpose

Free radical imaging has been used to investigate physiological processes such as pO, mapping and to monitor the
distribution and metabolism of free radicals in organs under oxidative stress. We present a new pulse sequence for rapid
3D imaging of free radicals using Overhauser-enhanced MRI (OMRI). In contrast to other OMRI methods that use a time
consuming pre-polarization Overhauser irradiation step, the sequence presented here embeds the EPR pulses into the
phase encode step of a balanced steady state free precession sequence (b-SSFP), greatly reducing the acquisition time. A
further increase in temporal resolution is gained by undersampling of k-space and using compressed sensing
reconstruction. This new OMRI sequence enables both improved spatial and temporal resolution of free radical
distribution than other techniques.

Methods

Experiments were performed in a custom built, 6.5 mT, bi-planar

electromagnet with bi-planar gradients. A 7 cm OD, 13 cm long

Alderman-Grant coil was used to saturate the 140.8 MHz electron spin

resonance of the nitroxide radical 4-hydroxy-TEMPO. The EPR coil

was placed inside a 10 cm OD, 16 cm long solenoid coil for 'H NMR

excitation and detection. The EPR irradiation pulses were embedded

into the phase encode and rewind steps of a fully balanced SSFP

sequence as shown in Figure 1. 3D printed polycarbonate pieces 5.4 cm

in diameter were used as a phantom (Figure 2a) with 2.5 mM TEMPO

solution in water. Pieces were designed to evaluate the ability to resolve

small feature in 3 dimensions. Image parameters were: matrix =

256x64x32, voxel size = 1x1x3.5mm, TR/TE = 54/27 ms, a = 90°, 70% Figure 1. The 3D b-SSFP sequence with
undersampling rate, acquisition time = 65 s. embedded EPR pulses.

Results

Figure 2a) shows two segments of our phantom with the corresponding images in
Figure 2b). The under-sampled data accurately reproduces the object, including the 1
mm diameter holes and 1 mm spacer. To confirm that this new sequence with
imbedded EPR pulses is still a steady-state sequence, the sequence was run with only
the read gradient while the echo amplitude was measured. After an initial buildup of
polarization due to T, the signal reaches a steady-state amplitude that is ~ 30X larger
than without embedded EPR pulses.

Conclusion

Embedding electron spin saturation into the phase encode step allows the use of a
traditional b-SSFP sequence with no additional timings added. This is the first source
of acceleration compared to traditional OMRI sequences that have a pre-polarization
step of order T, before acquiring several lines of k-space. Further, for the phantom
imaged here, only 30% of k-space is was necessary to faithfully reproduce the image,
reducing the acquisition time by a factor of 3. This technique will improve our ability
to monitor physiological processes involving free radicals as the distribution of
radicals can be tracked with greater spatial and temporal resolution. Acknowledgement: Funded by DoD, Defense Medical
Research and Development Program, Applied and Advanced Technology Development Award W81XWH-11-2-0076 (DM09094).

Figure 2. 2 slices from an OMRI
image at 6.5 mT with 1x1x3.5
mm  resolution over a 200 cm’
sample in 65 s. Phantom is 5.4 cm
in diameter.
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Parallel Imaging and Acceleration in the Johnson Noise Dominated Regime
Cristen D. LaPierre"?, Mathieu Sarracanie", Lawrence L. Wald"?, and Matthew S. Rosen'
'Department of Radiology, Mass General Hosptial, A.A. Martinos Center for Biomedical Imaging, Charlestown, MA, United States, *Department of Physics, Harvard
University, Cambridge, MA, United States, *Harvard-MIT Division of Health Sciences and Technology, Cambridge, MA, United States

Target Audience: Those interested in portable MRI, low field imaging, SENSE acceleration, and inductive coil and array construction
at low magnetic fields.

Purpose: Low field imaging offers a potentially transportable and rapidly deployable human imaging system. Current research for low
field human imaging is limited and generally uses superconducting quantum interference device (SQUID) sensors’. At conventional
magnetic field strengths body noise dominates, resulting in strongly correlated noise on each receive coil in the parallel array. At low
field, uncorrelated Johnson noise dominates, providing a benefit to parallel imaging and accelerated imaging using SENSitivity
Encoding (SENSE). The aim of this study was twofold. First, construct an eight-coil receive only array for 276 kHz. Second, acquire
accelerated images using SENSE.

Methods: NMR parallel imaging at low frequency is a new regime; optimal parameters for inductive receive coils are unknown from the
literature. Three design parameters were identified: diameter, wire gauge and number of turns. Parameters were selected using a
fractional factorial design at the factor levels indicated in Table 1. Only circular coils were tested.

Once optimal parameters were determined an 8 channel receive-only 276 kHz ring
array was constructed. Imaging of 13.1 cm diameter phantoms filled with 0.04% / 14 cm _ Number of Turns

Gadolinium doped saline (0.9% NaCl) was performed in a previously described? Number of Turns 00
custom built very-low field MRI scanner with a 6.5 mT biplanar electromagnet and ; ; ; i i
biplanar gradients and eight receive channels. A 3D balanced Steady State Free ;10 1 20 : 30 : 50:100]
Precession (b-SSFP) sequence with full Cartesian acquisition of k-space was applied ©~ 20 e Loy

over five 20 mm thick slices, with FOV=225x160x100 mm®, acquisition 90 |- T Pt
matrix=64x64x5, TE/TR=12/23 ms, number of averages (NA)=150. Image 3 E 24 IR [ +
reconstruction was performed with a sum-of-squares method”. O= 2 : } : o+

1D SENSE reconstruction (reduction factor R=2) was simulated on the middle slice of
the fully sampled image using in-house code previously developed in our lab. The
noise covariance matrix and coil sensitivity maps were estimated from the data.
Finally, the corresponding experiment (R=2) was performed from a structured
phantom. Noise data were acquired using a b-SSFP sequence with RF transmission disabled (sequence time = 704s). Sensitivity maps
were estimated from the fully sampled data set acquired previously using third-order polynomial smoothing. Aliased images were
unfolded using a modified version of the simulation code.
Results: Optimal coil design parameters were identified as 8 cm diameter, 24 gage and 30 turns. An 8 channel
receive only array with an inner diameter of 15.6 cm was built (Figure 1). Geometric decoupling between
neighbors was -38 dB or less for nearest neighbors and
-11dB or less for next nearest neighbors. Figure 2 shows
the design of the structured phantom (2a), as well as the
reconstructed image of the structured phantom (2b) and a
homogeneous phantom (2c) acquired with the 8 channel
Figure 1. 8 channel array. Figure 3 shows the noise covariance matrix (3a) and
receive only 6.5 mT the correlation coefficient matrix (3b) of the array. Figure 4
parallel imaging array.  shows the results of simulated (left) and actual (right)

Table 1. Fractional factorial design for determing
optimal coil design. Parameters tested were number
of turns, size of wire and diameter of coil.

A B c
. Figure 2. Phantom pattern (A), reconstruction of structured
SENSE reconstructed images. phantom (NA=150, B) and reconstruction of homogeneous

Discussion: Due to low thermal signal, low field phantom (NA=200. C). Imaaes are masked to the phantom.
imaging requires signal averaging, increasing scan Simulated Actual

A time. With the eight channel array, SENSE acceleration can be
implemented, reducing scan time by at least a factor of 2. The
negligible noise correlation between channels benefits this approach.
Conclusions: These results represent the first parallel and SENSE
reduction images attained in the Johnson noise dominated regime.
Development of parallel imaging and SENSE acceleration are
important steps toward human imaging at very-low field. Future work

B Will optimize the sequence to further improve image quality. A c

Reduced (R=2)

Additional array designs will be tested and SENSE combined with T

random undersampling strategies will be investigated. 'g

Acknowledgements: The authors would like to thank Jonathan =
Figure 4. Noise covariance Polimeni for his guidance on parallel imaging and Fa-Hsuan Lin for 5
(A) and correlation coefficient making available his SENSE reconstruction code. 8
(B) matrices. Financial Disclosure: This research was supported by the o«

Department of Defense, Defense Medical Research and B D
Development Program, Applied Research and Advanced Technology Development Award Figure 3. Simulated (A,B) and actual
W81XWH-11-2-0076 (DM09094). (C,D) results for SENSE reconstruction.
References: 1. Zotev VS, et al. JMR. Jun 2008;192(2):197-208 Images are masked to the phantom.

2. Tsai LL, et al. JMR. Aug 2008;193(2): 274-85
3. Roemer PB, et al. MRM. Nov 1990;16(2):192-225
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A Lightweight, Portable MRI Brain Scanner Based on a Rotating Halbach Magnet

Clarissa Zimmerman Cooley'2, Jason P Stockmann23, Brandon D Armstrong23, Matthew S Rosen23, and Lawrence L Wald2#

'Electrical Engineering, Massachusetts Institute of Technology, Cambridge, MA, United States, ?Athinoula A. Martinos Center for Biomedical
Imaging, Department of Radiology, Massachusetts General Hospital, Charlestown, MA, United States, *Department of Physics, Harvard University,
Cambridge, MA, United States, “Department of Radiology, Massachusetts General Hospital, Harvard Medical School, Boston, MA, United States

PURPOSE: We constructed and tested a portable permanent magnet based brain MRI scanner suitable for operation in an ambulance, battle field,
sports arena, or at the patient’s bedside. Our goal is to allow emergency medical teams to assess brain hemorrhage from surgical complications,
traumatic brain injury or stroke to accelerate care to those requiring it. The system eliminates the need for gradient coils thru a novel encoding
method which rotates the Bo field inhomogeneity pattern of the lightweight permanent magnet creating generalized projections similar to O-Space’ or
PatLoc? encoding. We show experimental 2D, proof-of concept images, and discuss generalization to 3D.
METHODS: A 45 kg (36¢cm dia. 36¢cm length) Halbach cylinder magnet was built with NdFeB magnets
(Fig. 1a)34. The center field is 77 mT (3.285 MHz) with about 1 mT (43 kHz) field variation in the center a b
slice FOV of 16 cm. The magnet's encoding field has a roughly hyperbolic multipolar shape (Fig. 1b) that
is physically rotated around the phantom during data collection. Because the encoding field cannot be
switched, a spin echo sequence is used for radiofrequency refocusing of the spins, forming a projection
of the phantom at each rotation. The field maps are measured and used as prior knowledge to construct
the encoding matrix. Data is collected on a TecMag Apollo spectrometer with a 250 W Tomco RF
amplifier and the image is reconstructed using the iterative algebraic reconstruction technique (ART). Figure 1: (a) magnet on high friction rollers,
Accurate field maps at each rotation are critical to image reconstruction. A single row of 8 solenoidal (P) interpolated field map in Hz, black dots
field-probes each holding a 1-mm water-filled capillary doped with copper sulfate (T1=100 ms) are used 2@ the field probe positions

to collect field information as the magnet is rotated. The field measurements are fit using polynomial basis functions (Fig 1b). The lack of magnet
shielding exposes our encoding field to external fields, the most significant being the earth’s field which adds vectorially to the encoding field. This is
explicitly corrected for when calculating the encoding matrix. Other external fields and magnet field drift (~-1/2G/ °C)é are measured using an MR
field probe fixed to the magnet and also incorporated into the reconstruction.

For proof of concept, imaging phantoms were made using two 1” balls of doped water (Fig. 3a and 3e). In one experiment high SNR was achieved
by directly winding the TR coil around the balls of water. In another experiment we used a volume Tx coil and an array of 4x 6.5cm dia. loop coils for
Rx. In both case short, high power excitation pulses (125 W for a 40 us refocusing pulse) were necessary to cover the bandwidth of the encoding
field.

RESULTS: Fig. 2 shows an example set of rotated field maps and the corresponding projections from the phantom. Fig. 3b is the reconstructed
image of the same phantom using the Rx single coil. The data consisted of 128-average spin echoes with TR/TE = 200ms/9.4ms and 40 kHz
readout bandwidth. Eighty projection angles were used. Fig. 3¢ shows the same reconstructed

phantom imaged using 4 surface coils, 24 projections angles, 256 averages, and TR/TE =

200ms/20.4ms. Fig. 3d shows a simulated reconstruction with the same parameters as Fig. 3c. @ - S \ l

Fig. 3f and 3g show the experimental and simulated single coil image from the phantom in Fig.

3e (w/ 128 averages of 35 projection angles). Unlike the first phantom, there is a ball in the

center of the encoding field. \ \ ('( ,\ \ \
DISCUSSION: Blurring throughout the image is greatly improved by the external field and

temperature drift corrections, but some obvious artifacts remain. In Fig. 2b, the balls are Figure 2: Six representative encoding field rotations and
located in the top half of the phantom, but we clearly see aliasing in the reconstructed images. ~€xPerimental projections of phantom on left. (1 coil, 128
This is expected because of the non-bijectivity of the encoding field!. The problem is resolved 2+€rages, SNR ~30). Arrow is Bo direction.

in Fig. 2c-d, in which the coil sensitivities from a 4 channel coil array are used to remove the

ambiguity between frequency-matched isocontours in different quadrants. Blurring in the

center is seen in Fig. 3f-g. Similar to Patloc imaging, the resolution of the images is lowest in

the center because of the low field variation in that area. We propose shifting the encoding

field off-center from the rotation axis (using shims) to address this, similar to O-Space

imaging2.

CONCLUSION: These initial images and simulations are a 2D proof of concept for imaging in

a rotating inhomogeneous field without additional gradient coils. Reconstruction would be
simpler if the magnet was RF shielded and if the temperature was painstakingly regulated.

However, this would limit portabilty of the system, and we have shown that these Figyre 3: (a) ground truth phantom 1, (b) 80 projections of
inconveniences can be mitigated by careful field calibration before imaging and field drift  phantom 1 using one solenoid receive coil (c) 24
monitoring during imaging. Future work will include the use of Transmit Array Spatial projections of phantom 1 using 4 receive coils, (d)
Encoding (TRASE)’ for slice localization in the longitudinal direction to enable 3D imaging. simulated version of Fig. 3c, () ground truth phantom 2,
REFERENCES: (1) Schultz G, IEEE Trans Med Imag 2011. (2) Stockmann, MRM 2010. (3) (f) 35 projections of phantom 2 using one cail, (g)
Zimmerman C ISMRM 2012. (4) Halbach K, Nucl Instr Meth 1980. (5) Herman G, Comp. Biol, ~ SmUiated version of Fig. 3¢, Field of view s 16 cm in al
Med. 1976. (6) Campbell P, Permanent Magnet Materials & their Application, 1994. (7) Sharp "™ 2°>

J, MRM 2010. ACKNOWLEDGMENTS: The authors thank C Lapierre, M Sarracanie, J Blau,

and E Siskind for their help. Support by DoD/USAMRRA W81XWH-11-2-0076 (DM09094).
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PURPOSE: Our goal is to perform flexible MR imaging with rotating nonlinear spatial encoding
magnetic (SEM) fields, removing constraints on hardware design, and reducing the cost,
complexity, and weight of imaging systems. By shifting the burden away from hardware
performance and toward computer power in the form of generalized reconstruction
algorithms, we open the door to unconventional MR imaging systems for applications where
spatially-varying resolution can be tolerated. Several encoding strategies using quadratic and
nonlinear SEMs have recently been proposed as a way to accelerate parallel imaging and
reduce peripheral nerve stimulation during field switching [1-3]. Common to all higher-order
encoding methods is the problem of aliasing due to redundant frequency contours (causing a
non-bijective mapping), which can be resolved using additional spatial encoding from local RF
receive coils. Another issue is the flatness of higher-order SEMs at the center of the FOV,
where encoding can only be achieved through the addition of linear SEMs. The present work
builds on these approaches by assessing the encoding of a rotating SEM (wrt the object), with
and without parallel imaging and a spatial offset between the axis of rotation and the axis of
field symmetry, breaking the symmetry of the SEM within the FOV.

METHODS: We simulate imaging performance with a nonlinear SEM comprised primarily of
second-order spherical harmonics with some additional higher-order terms (Fig. 1). To break
the symmetry of the field by shifting it off-center, we also simulate the SEM with the addition
of a linear field component (2000 Hz/cm or 3000 Hz/cm). We further simulate the use of
multi-channel RF receive coils to remove aliasing. Approximate RF coil sensitivities for an 8-
channel loop array are calculated using the Biot-Savart law (Fig. 2). Field maps of the SEM at
each rotation angle as well as the coil sensitivities are used to build the encoding matrix. A
GRE transverse brain slice acquired on a 3T scanner is used to generate the simulated data.
The simulated readout duration is 7 ms with a 36 kHz bandwidth (Nyquist sampled).
Reconstruction is performed using the algebraic reconstruction technique (ART) [4], which
cycles through the encoding matrix one row at a time, back-projecting the data point
corresponding to each row (Fig. 3). The algorithm iterates until convergence is achieved.
RESULTS: The spatially-varying resolution of the two SEMs can be visualized by looking at
overlaid frequency isocontours of each SEM as it is rotated over the range of encoding angles
(Fig. 4). Even with the non-ideal encoding fields used here, much of the detail in the object is
retained in the reconstructions (Fig. 5). As expected, a linear offset SEM recovers resolution,
though some detail is still lost at the center. Surface coils are effective in

reducing aliasing artifacts and also in improving resolution, particularly

when no field offset is used.

DISCUSSION: All SEMs can be approximated with linear combinations of

spherical harmonics. The geometric similarity of a multipolar harmonic

implies that unique projections of the object can be obtained using only a

limited range of rotation angles [1]. For SEMs without a significant linear

term, the range of rotation angles is 180°/N, where N is the order of the

dominant SEM. For the multipolar SEM case considered here, the dominant

components are the second-order harmonics XY and XZ-VZ, hence the SEM is

rotated over 90°. However, when the multipolar symmetry of the field is

broken by the addition of a linear term, unique projections of the object can

be acquired over 360°, similar to O-Space imaging. The linear term shifts the symmetry point
away from the rotation axis, improving image resolution near the center of the FOV, as shown
in Fig. 5.

CONCLUSION: Flexible reconstruction methods relax the need for a homogenous B, field and
linear gradient fields, as illustrated here using a single rotated multipolar SEM. This permits
unconventional encoding strategies and MR imaging systems in applications that do not
require isotropic resolution. Performance gains are achieved by breaking the symmetry of
SEMs using multiple receive coils and/or a linear field offset. Future work will generalize the
approach to three dimensions, possibly through curvilinear slice selection [5]. A total
generalized variation prior [6] will also be used to help suppress streaking artifacts for highly
undersampled data. REFERENCES: [1] Schultz G, TMI 2011. [2] Stockmann JP, MRM 2010. [3]

Fig. 1 Example SEM field dominated by second-order
terms (left). In order to provide spatial encoding at
the center of the FOV, the SEM is offset using a linear
component (a 2000 Hz/cm offset is shown here).

Fig. 2 Encircling array of 8
RF receive coils used to
remove aliasing caused
by the non-bijectivity of
the multipolar SEM.

Fig. 3 ART backprojects
the i," row of encoding
matrix £ weighted so as
to achieve consistency
between data vector s
and image m. The rate
of convergence is
controlled by A.

Fig. 4 Spatially-varying resolution illustrated
qualitatively by the density of overlapping
frequency isocontours from 16 rotations of the
SEMs in Fig. 1. Isocontours are plotted with 1 kHz
separation. The symmetric SEM (left) rotates over
90° while the offset SEM rotates over 360° and
provides smaller voxel sizes in the center.

Fig. 5 Simulated 256x256 reconstructions of
reference brain image (a) encoded using 128
projections by SEMs with no offset (a), 2000
Hz/cm offset (b), and 3000 Hz/cm (c) with no coil
encoding. The offset removes most of the aliasing
associated with the symmetry of the multipolar
SEM and also recovers some resolution near the
center. The addition of 8 receive coils for each
case (e-g) improves resolution and removes
aliasing, though resolution remains better near
the periphery. FOV is 28 cm.

Gallichan D, MRM 2011. [4] Kaczmarz S, Bull. Acad. Polon. Sci. Lett. A, 1937. [5] Weber, MRM 2012. [6] Knoll F, MRM 2012. ACKNOWLEDGEMENTS:

Grant support DoD/USAMRRA W81XWH-11-2-0076 (DM09094).
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PURPOSE: Our goal is to perform flexible MR imaging with rotating inhomogeneous
By fields, removing constraints on hardware design and reducing the cost,
complexity, and weight of imaging systems. By shifting the burden away from
hardware performance and toward computer power in the form of generalized
reconstruction algorithms, we open the door to unconventional MR imaging
systems for applications where spatially-varying resolution can be tolerated. As
proof of concept for this approach, we built a portable, lightweight, low-power,
permanent magnet brain MR scanner suitable for operation in an ambulance or
remote location. The system eliminates the need for gradient coils and power
supplies through a novel encoding method which rotates a By field with an
approximately quadrupolar inhomogeneity pattern around the object, creating
generalized projections similar to “radial PatLoc” [2] encoding. In this abstract, we
show preliminary experimental images and discuss encoding and reconstruction in
the context of generalized projections.

NONLINEAR ENCODING: Common to all higher-order gradient encoding methods
[2-4] is the problem of aliasing due to redundant frequency contours, which can be
resolved using additional spatial encoding from local RF receive coils [2]. Another
issue is the flatness of higher-order fields at the center of the FOV, where encoding
can only be achieved through the addition of linear or odd-spatial order fields [3].
The present work builds on these approaches by assessing the encoding of a single
rotating field, with and without parallel imaging and a spatial offset between the
axis of rotation and the axis of field symmetry.

METHODS: We acquire data using a 45kg (36cm dia., 36cm length) Halbach cylinder
array built with NdFeB permanent magnets (Fig. 1) [1]. The center field is 77 mT
(3.285 MHz) with ~1 mT (43 KHz) field variation within the center slice FOV of 16 cm,
permitting generalized projections to be obtained by rotating the magnet around the
object (Fig. 2). A spin echo sequence with TR/TE=200ms/9.4ms and 40 kHz bandwidth
was played on a Tecmag Apollo spectrometer. We then perform simulated
encoding/reconstruction to test the effect of breaking the field symmetry by shifting it
off-center using a linear component (2000 Hz/cm or 3000 Hz/cm). We further
simulate the use of an encircling array of 8 local RF receive coils to remove aliasing.
Time-domain reconstruction is performed using the algebraic reconstruction
technique (ART) [5], which cycles through the encoding matrix one row at a time,
back-projecting the data point corresponding to each row (Fig. 3). ART iterates until
convergence is achieved.

RESULTS: Even with the non-ideal encoding fields used here, much of the detail in the object is
retained in the reconstructions (Fig. 5). As expected, a linear offset recovers resolution, though
some detail is still lost at the center. Surface coils are effective in reducing aliasing artifacts and
also in improving resolution, particularly when no field offset is used.

DISCUSSION: The geometric redundancy of a multipolar harmonic implies that unique
projections of the object can be obtained using only a limited range of rotation angles [2]. For
fields without a significant linear term, the range of rotation angles is 180°/N, where N is the
order of the dominant field. For the multipolar case considered here, the dominant
components are the second-order harmonics XY and XZ—YZ, hence the field is rotated over 90°.
However, when the multipolar symmetry of the field is broken by a linear term, unique
projections of the object can be acquired over 360°, similar to O-Space imaging [3]. The linear
term shifts the symmetry point away from the rotation axis, improving image resolution near
the center of the FOV, as shown in Fig. 5.

CONCLUSION: Flexible reconstruction methods relax the need for a homogenous By field and
linear gradient fields, as illustrated here using a single rotated multipolar field. This permits
unconventional encoding strategies and MR imaging systems in applications that do not require
isotropic resolution. Performance gains are achieved by breaking the symmetry of fields using
multiple receive coils and/or a linear field offset. Future work will generalize the approach to
three dimensions, possibly through curvilinear slice selection [6]. A total generalized variation

Figure 1. (a) Halbach magnet on high friction rollers with rotation
direction shown by orange arrow, (b) measured axial field
variation (central slice) in Hz.

@-s\l

Figure 2. Six representative encoding field rotations and
experimental projections of phantom on left (1 coil, 128
ave, SNR~30). Arrow is BO direction.

Fig. 3 ART backprojects the
th N .

n"" row of encoding matrix £
weighted so as to achieve
consistency between data
vector s and the n" image
estimate, m'"). Convergence
rate is set by A.

Figure 4. (a) Ball locations in ground truth phantom 1, (b) 80
projections of phantom 1 using one solenoid receive coil (c) 24
projections of phantom 1 using 4 receive coils, (d) simulated
version of Fig. 3c, (e) ground truth phantom 2, (f) 35
projections of phantom 2 using one coil, (g) simulated version
of Fig. 3f. FOV is 16 cm.

Figure 5. Simulated 256x256 reconstructions of
reference brain image (a) encoded using 128
projections with no field offset (b), 2000 Hz/cm
offset (c), and 3000 Hz/cm (d) with no RF coil
encoding. The offset removes much of the aliasing
associated with the symmetry of the multipolar
fields and recovers some resolution near the
center. The addition of 8 receive coils for each
case (e-g) further improves resolution and
removes aliasing, though resolution remains
better near the periphery. Simulated FOV is 28 cm.

prior [7] will also be used to help suppress streaking artifacts for highly undersampled data. REFERENCES: [1] Zimmerman C, ISMRM 2012. [2]
Schultz G, TMI 2011. [3] Stockmann JP, MRM 2010. [4] Gallichan D, MRM 2011. [5] Kaczmarz S, Bull. Acad. Polon. Sci. Lett. A, 1937. [6] Weber,
MRM 2012. [7] Knoll F, MRM 2012. ACKNOWLEDGEMENTS: Grant support DoD/USAMRRA W81XWH-11-2-0076 (DM09094).
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Abstract

Purpose

Overhauser-enhanced MRI (OMRI) is a promising technique for imaging the distribution and
dynamics of free radicals. A key challenge for OMRI is attaining high spatial and temporal
resolution while simultaneously limiting resonator and sample heating due to the long, high

power radiofrequency (RF) pulses needed to saturate the electron resonance.

Methods

The approach presented here embeds EPR pulses within a balanced steady state free precession
(b-SSFP) sequence. Unlike other OMRI methods, no separate Overhauser pre-polarization step is
required. This steady-state approach also eliminates the problem of time-varying Overhauser-
enhanced signal and provides constant polarization in the sample during the acquisition. A
further increase in temporal resolution was achieved by incorporating undersampled k-space

strategies and compressed sensing reconstruction.

Results
We demonstrate 1x2x3.5 mm® resolution at 6.5 mT across a 54x54x110 mm’ sample in 33 s

while sampling 30% of k-space.

Conclusion

The presented work overcomes the main limitations of Overhauser enhanced MRI described so
far in the literature with drastic improvement in terms of speed and resolution, thus offering new
perspectives for the measurement of free radicals in living organisms, and for the study of

dynamic processes such as metabolism and flow.

Word count: 191
Key words: 3D Overhauser MRI, free radicals, EPR, b-SSFP, Compressed Sensing
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Introduction

Imaging of free radicals has been used to investigate a number of important physiological
processes such as the mapping of pO, (1-3), free radical distribution and metabolism (4-7),
molecular imaging (8), and to monitor changes in local viscosity (9,10). Magnetic Resonance
Imaging (MRI) is a powerful and noninvasive tool that provides excellent anatomical detail.
However, MRI is sensitive to nuclear spins (typically 'H of water) and cannot alone reveal
spatial information about the distribution of free radical species. EPR imaging (11-17) (EPRI)
does give the spatial distribution of unpaired electron spins, but requires a separate MRI to
determine where the free radicals are located within the sample. While EPRI is a sensitive
technique, images have poor resolution due to broad EPR lines, and are usually time-inefficient
due to the usual CW acquisition strategy. Overhauser-enhanced MRI (18-23) (OMRI, also
known as proton-electron double resonance imaging) exploits the dipolar coupling between the
unpaired electron of the free radical and the "H nuclei of water to increase nuclear magnetization
via dynamic nuclear polarization (DNP) and subsequently images the enhanced nuclear spin
polarization with MRI. OMRI provides an excellent way to image free radical species as narrow
NMR line widths enable imaging using reasonable-strength encoding gradients. OMRI also
benefits from the ability to use traditional MRI sequences, though specialized hardware is needed
to drive the electron spin resonance and the sequences must be modified to allow for EPR
saturation pulses.

A difficulty of OMRI is the need for high power RF to saturate the electron spin for a
time on the order of the nuclear T,. Additionally, as EPR frequencies are two orders of
magnitude higher than 'H frequencies, a high frequency resonator is required, and this leads to
high specific absorption rate (SAR) and limited penetration depth. For these reasons OMRI is
usually performed at a low- to intermediate magnetic field (5,22,24) or in a field-cycled setup
(4,25). A typical field-cycled OMRI experiment begins at very low magnetic field (~5 mT)
where EPR irradiation is applied for approximately the nuclear T, of the sample at the irradiation
magnetic field. The magnetic field is then quickly ramped up to the imaging field and a line or
plane of k-space data is acquired. The field must then be switched back down for EPR irradiation
because the DNP signal decays with the 'H nuclear T,. Field-cycled OMRI helps to overcome
both the hardware and penetration depth challenges by reducing the EPR frequency, but these
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experiments are much slower and more complex than traditional MRI due to the need to refresh
the DNP-enhanced signal many times within the acquisition time.

We present here a new method for 3D OMRI based on b-SSFP at a constant field of
6.5 mT that provides up to seven fold acceleration compared to the fastest OMRI sequence
reported in the literature (24). We further maintain the high acquisition efficiency of b-SSFP by
applying the Overhauser saturation pulses during the phase encode step, eliminating the time-
consuming pre-irradiation step done in all previously reported OMRI. Additionally, we add
undersampling strategies and compressed sensing (CS) techniques to increase the temporal
resolution while also reducing the total number of EPR RF pulses. We obtain 1x2x3.5 mm’
resolution on a 54x54x110 mm’ sample in 33 s. We show that a steady-state signal is still
achieved with this new OMRI b-SSFP sequence and that simulations with no free parameters

agree very well with the experimental results.

Materials and Methods

OMRI setup

A custom built, low-field MRI scanner with a bi-planar 6.5 mT electromagnet (By) and bi-planar
gradients was used for all experiments and was previously described (26) (Figure 1.a). The
system was upgraded and optimized for 'H imaging for this work resulting in improved By
stability, higher gradient slew rates, and lower overall noise. This effort included the use of an
improved power supply (System 854 T, Danfysik, Taastrup, Denmark) for the electromagnet with
+1 ppm stability over 20 minutes and £2 ppm stability over 2 hours, and the addition of high-
current shielded cables throughout the system. The scanner operates inside a double-screened
enclosure (ETS-Lindgren, St. Louis, MO, USA) with a RF noise attenuation factor of 100 dB
from 100 kHz to 1 GHz.

The transfer of electron spin polarization to dipolar or scalar coupled nuclear spins via the
Overhauser effect requires high power irradiation of the electron spin resonance (27,28). A 7 cm
OD, 13 cm long Alderman-Grant coil (29,30) (Figure 1.b) with guard rings to reduce sample
heating was used to saturate the electron spin resonance of the nitroxide radical 4-hydroxy

TEMPO (Sigma-Aldrich, St. Louis, MO, USA). The electron spin resonance is split into three
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transitions by the hyperfine coupling of the spin 1 '*N nucleus (at 6.5 mT, there still exist other
transitions described by the Breit-Rabi equations but their transition probabilities are small and
ignored here) (31). As SAR scales with w? (32-36) the EPR coil was tuned to the low energy
transition of 140.8 MHz to minimize SAR. The EPR coil was placed inside a 10 cm OD, 16 cm
long solenoid coil used for NMR excitation and detection at 276 kHz (Figure 1.c). The coils were
oriented such that their B, fields were perpendicular to each other and to By. Placing the NMR
coil outside the ESR coil sacrifices NMR filling factor to gain larger B, for electron spin
saturation as our DNP signal enhancement (defined as < I, >/I, where I, is the thermal
equilibrium NMR signal and < I, > is the DNP signal) is limited by the available RF power.

A Redstone NMR console (Tecmag Inc., Houston, TX, USA) was used for data
acquisition and controlled the gradients and RF channels. The console has two transmit channels
allowing for both NMR and EPR irradiation. A 100 W, CW amplifier (BT00100-DeltaB-CW)
was used for EPR saturation and a 500 W pulsed amplifier (BT00500-AlphaS) was used for
NMR (both from Tomco Technologies, Stepney, Australia).

Phantom design

A configurable imaging phantom was built for these experiments. Various pieces designed to
demonstrate resolution in three dimensions and test the ability to resolve sharp edges in under-
sampled k-space were 3D printed in polycarbonate on a Fortus 360mc (StrataSys, Eden Prairie,
MN, USA). The 3D printed pieces were stacked inside a 5.5 cm ID, 13 cm long machined
polycarbonate cylinder. The advantage of this phantom is the flexibility to design and 3D print
any desired structure for a particular experiment. The cylinder was then filled with 250 mL of
2.5 mM 4-hydroxy TEMPO solution in water, and a leak-tight polycarbonate cap inserted. The
assembled phantom and individual pieces are shown in Figure 2a, 1-3. Imaging experiments
were performed in two different phantom stacking configurations. The first stacked geometry
consists of two interlocking sets of a trio of stepwise-smooth cones and was used to evaluate the
3D character of the sequence and the minimum structure sizes that can be resolved for round-
shaped objects (Figure 2.f-1). The second configuration used more complex structures with finer
details to assess the sequence performance, ability to resolve small in-plane structures, and the

results of undersampling on sharp edges (Figure 2.b-e). Fiber optic temperature probes (Luxtron,
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LumaSense Technologies, Santa Clara, CA, USA) were placed inside the phantom and near a
ring capacitor on the EPR coil during tests of the imaging sequence to monitor sample and coil

temperatures.

3D Balanced SSFP with DNP

The pulse sequence used is shown in figure 3. It is important to note that there is no separate
EPR saturation step unlike all OMRI sequences reported in the literature. The sequence is a b-
SSFP sequence with the addition of EPR (Overhauser) irradiation during the balanced phase
encode gradients. The b-SSFP excitation train consists of an initial -o/2 preparation pulse
immediately followed by a train of alternating o excitation pulses as previously described by
Sheffler et al (37). The +a pulses are separated by TR and the time interval between the -a/2
preparation pulse and the first a pulse was set to 2 pus. The main benefit of using a preparation
pulse is that it prevents large fluctuations of the pre-steady state signal that would produce image

artifacts and thus could not be used for signal acquisition (37). In b-SSFP, the optimal flip angle

Ty /To—1

a is given by cos(a) = T
1/ 12

(37). Ty and T, in our phantom were measured to be 545 ms

and 488 ms respectively, which leads to an optimal flip angle of a~90°.

Bloch simulations were performed for a sequence without phase gradients (i.e., at the
center of k-space), both with- and without EPR irradiation to model the buildup and time course
of transverse magnetization as well as the signal enhancement provided by DNP. The
simulations were run in Matlab (MathWorks, Natick, MA, USA) using code written in-house.
Input parameters to the simulations were the measured T; and T, relaxation times, the measured
enhancement provided by DNP with a 1.5s EPR pulse (~3x 'H T)) in a ID spectroscopy
experiment (—44.5 fold enhancement), TR/TE=54/27ms and o= 90°. This negative
enhancement results from Overhauser DNP pumping into the opposite spin nuclear ground state
compared to the Boltzmann case. This sign is important for the simulations. OMRI experiments
with these parameters, a total bandwidth BW=9091 Hz, and a 71 Hz bandwidth per pixel, were
run and compared with the simulations.

The 3D imaging experiment was performed initially with full Cartesian acquisition of k-
space. The sequence was set with TR/TE = 54/27 ms, a 256x64x112 mm’ field of view, and

acquisition matrix of 128x64x32, resulting in a 2x1x3.5 mm’ voxel size. The balanced phase
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gradient durations were both set to 20 ms to reach the desired in-plane spatial resolution when
the gradient amplifiers were at maximum power. The readout duration was 14 ms with 9091 Hz
bandwidth and total acquisition time was 114 s for fully sampled k-space. Critical to the success
of these experiments is a very stable magnetic field as off-resonance effects can distort the image
and cause severe banding artifacts (37).

It should be noted that the application of EPR saturation pulses while the gradients are on
is only possible because our maximum gradient strength is low, 0.1 Gauss-cm™, giving a spread
in electron resonance frequencies across the 5.5 cm sample (in-plane dimension) of ~ 1.54 MHz.
The loaded Q of the EPR coil was determined using a vector network analyzer and an untuned
pick up coil to measure the transmission response of the EPR coil (S21). The measured Q of 62
corresponds to a bandwidth of ~ 2.3 MHz, thus the spread in electron spin frequencies during the

phase encode step is well covered.

Compressed sensing

Most images are sparse in the sense that they can be accurately represented with fewer
coefficients than one would assume given their spectral bandwidth (38). Compressed sensing
(CS) is a framework for exploiting sparsity to reconstruct high-fidelity MR images from
undersampled k-space datasets that do not fulfill the Nyquist sampling theorem. In CS image
reconstruction, image sparsity is enforced by truncating the small coefficients of an object’s
representation in a sparse basis, typically chosen to be a wavelet transform domain. During
image reconstruction, the data are transformed from k-space (the sensing basis) into the wavelet
basis via a sparsifying transform, ‘¥, taken for the present work to be the Dirichlet wavelet
transform.

Compressed sensing uses norms to modify the objective function that is optimized during
image reconstruction. To understand the role of norms in the objective function, it is helpful to

recall standard Fourier reconstruction. For a discrete image m, Fourier operator F, and k-space

1/2
dataset y, the Ly-norm, ||[Fm —y “2 = (Zl‘(F M)i - yi‘z) , 1s implicitly used to find an image whose

Fourier transform differs as little as possible from the k-space data in the Euclidean sense. For

fully sampled data, the least squares solution is provided by the Fourier transform. In the case of
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underdetermined matrix problems (as when the k-space data is undersampled), the L,-norm may
be additionally used to constrain image reconstruction so as to reduce the noise (an approach
known as Tikhonov regularization). However, when the L,-norm is used in this way, it functions

as a low-pass filter, penalizing noise at the expense of introducing bias. It does not promote

image sparsity. By contrast, the L;-norm, defined as ||x||1 = Z,-|xi| for an arbitrary function x, has

a tendency to preserve edges and large coefficients, e.g., for neighboring voxels {0,3,0} the L,-
norm will tend to penalize the difference toward {1,1,1}, while the L;-norm of both cases is the
same, tending to preserve the edge.

The ability of the L;-norm to preserve large coefficients makes it an appealing choice for
enforcing sparsity in images (39,40). In the compressed sensing framework, the L;-norm is
applied to the wavelet transform of the image, where it naturally selects the large coefficients
representing image features while reducing the small coefficients corresponding to noise and
incoherent artifacts. For additional denoising and artifact suppression, a finite difference norm (a
discrete implementation of the Total Variation, or 7V, norm) is applied in the image domain (41).
This norm has been shown to preserve object edges while eliminating noise.

As shown in (42), the resulting image reconstruction problem is expressed as a balance

between the L;-norm constraints and the L,-norm data consistency constraint:

min [| Fm -y, +a|¥m|, + B TV(m)]

where F, is the undersampled Fourier transform operator, y is the undersampled k-space data,
and coefficients a and £ weight the relative contributions of each norm to the final image. A
variety of algorithms are available for minimizing this nonlinear objective function (42). Specific

details about our implementation of compressed sensing for OMRI b-SSFP are given below.

Undersampled OMRI b-SSFP

The use of CS in MRI relies on the possibility to acquire a priori compressed information and be
able to reconstruct the original image as if the latter was fully sampled (42). In the context of
data acquisition, this motivates the use of undersampling. Compressed sensing has been found to

work best when k-space is randomly undersampled so as to produce incoherent artifacts rather
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than the familiar wrap-around ghosts due to field-of-view (FOV) contraction when k-space lines
are skipped in a regular coherent pattern as is done in conventional parallel imaging (43). For the
images presented here, a choice was made to acquire random lines of k-space chosen in the
phase-encode directions (k,, k:) following a Gaussian probability density function. The readout
direction was fully sampled. The standard deviations of the sampling pattern as a fraction of the
FOV along y and z, o, and o, respectively, were adjusted manually to preserve adequate high-
frequency information for each undersampling rate. We investigated 4 undersampling fractions,
50%, 70%, 80% and 90%. The undersampling patterns are shown in Figure 5. On the acquisition
side, this resulted in programming different phase encode tables for each undersampled
sequence. The total acquisition time for each undersampling rate is shown in Table 1. To
perform image reconstruction according to the L;-norm and the data consistency constraints, the
Sparse MRI code (http://www.eecs.berkeley.edu/~mlustig/Software.html) was used. This code
solves this optimization problem using a nonlinear conjugate gradient method along with
backtracking line-search as described in (42). The parameters for the wavelet and image domain
norms were tuned manually to produce low-noise images with preserved object features. The
missing values in the acquired k-space data were made identically zero. To separate out the data
into slices, a Fourier transform was performed along the readout direction (x). Each sagittal slice
of k-space data (y-z plane) was then fed individually into the Sparse MRI algorithm. After all
slices were reconstructed, the resulting 3D block of image domain data was then displayed as
transverse (x-y) slices. The computation time for a laptop equipped with a 2.3 GHz quad-core
processor was 4.5 min, permitting CS image reconstruction immediately following k-space

acquisition.

Results

Steady-state signal with embedded EPR pulses

In order to understand the approach of transverse magnetization to steady state with embedded

EPR pulses in the sequence, Bloch simulations were performed without the phase encode
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gradients and compared to acquired data. The results are shown in Figure 4. The data was
normalized such that the maximum measured signal and the maximum simulated signal were
both set to 1. The experimental data with DNP ([]) begins at thermal equilibrium, but rapidly
builds up to 30 times that of the non-DNP data (0). This build up corresponds to the T
relaxation time of the sample (545 ms). The signal reaches approximately 90% of its steady state
value after 24 echoes, or 1.3 s, and the simulation is in good agreement with the data (dashed

line; not a fit).

Fully sampled versus undersampled

Images for the two different phantom configurations, 1 and 2, are shown in Figures 6 and 7
respectively after CS reconstruction. Images reconstructed from fully sampled k-space and from
50%, 70%, 80%, and 90% undersampling are shown. Figure 6.a and 6.b show the top and center
structures of the interlocking cones (configuration 1). Figure 6.c displays 3D rendered images of
the segmented cones for each undersampling rate. Figure 7.a-e shows the different segments of
the phantom in configuration 2. For both phantom configurations, 50% and 70% undersampling
reproduces the fully sampled images well. Even small structures such as 2 mm diameter holes
(Figure 6.a), 1 and 1.5 mm solid separators and 2.5 mm holes (marked by white arrows in Figure
7.b,c,d) are well resolved at 70% undersampling. For 80% and 90% undersampling most of the
structures are still visible though substantial blurring and ghosting artifacts begin to appear.
Figure 7.a and 7.e correspond to the top and bottom slice of the phantom and show lower signal
magnitude due to the B; profile of the EPR coil. The maximum SNR was calculated from
maximal signal amplitudes divided by two times the standard deviation of a user defined noise
region before and after CS reconstruction and is shown in Table 1. The increase in SNR with
undersampling rate is due to the undersampling pattern acting as an apodization filter that
removes high spatial frequencies from k-space. However, all images show an increase in SNR
after CS reconstruction. The SNR enhancement using CS increases with the initial SNR of the
image and ranges from about 1.5 to 2.5.

To quantify the errors that occur in the undersampled images, the mean absolute error
(MAE) was calculated for each image (Table 1). The MAE was calculated by first thresholding

the images such that only points that were five times greater than the noise (o, ) were kept. The
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undersampled image was then subtracted from the fully sampled image and all non-zero values
counted as an error. As seen in Table 1, the MAEs for the 50% and 70% undersampling rates are
small and comparable while those for 80% and 90% increase significantly. The MAE for each of
the 32 phase encode gradients along z for configuration 1 is shown in Figure 8 for all
undersampling rates. There is little difference across the entire sample between 50% and 70%,
again showing that the image is well reproduced with only 30% of the k-space data. Losses in
SNR due to the B; profile of the EPR coil on slices 1-5 and 25-32 result in increased MAE

values for all undersampling rates.

SAR considerations

A problem limiting the use of OMRI is that the high power RF pulses necessary for DNP lead to
high SAR. Two methods were used to estimate SAR. A fiber optic temperature probe was placed
inside the sample and the fully sampled k-space sequence was run several times, waiting several
minutes in between runs to allow the EPR coil to cool. The maximum measured temperature
increase was 0.4°C. No temperature increase was measured for any of the undersampled
sequences. Estimating SAR ~ cAT /At (44) where c is the specific heat, AT is the temperature
change and At is the time of the sequence gives SAR ~ 15 W-kg'. We expect this to represent a
lower limit as heat may have dissipated during the sequence. As a second method, the power

dissipated in the sample was estimated using (45):

Psample = coil(1 - Qloaded/Qunloaded)

The forward power was measured using a directional coupler (Model 3020A, Narda Microwave
Co., Hauppauge, NY, USA) and power meter (V3500A, Agilent Technologies, Santa Clara, CA,
USA), and the maximum forward power to the coil was ~ 62 W. The loaded Q was measured to
be 52 while the unloaded Q was 62. Thus the power to the sample during an EPR pulse is
~ 10 W. The EPR irradiation is on for 73% of TR and the sample mass is 0.25 kg, therefore SAR
~29 Wkg.

The 50% undersampled images in figures 6 and 7 have high SNR and accurately

represent the phantom. Therefore we reduced the forward power to the coil by factors of 2, 4, 8,
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and 16 to investigate how much the SAR could be reduced (thusly reducing the Overhauser
enhancement) while maintaining high image quality. The results are shown in Figure 9 and table
2. Image quality is well maintained for 31 and 15.5 W forward power corresponding to an

estimated SAR of ~14.5, and 7.25 W-kg™' respectively.
Discussion

The 3D Overhauser-enhanced b-SSFP sequence presented here in combination with compressed
sensing and undersampling techniques allows us to attain 1x2x3.5 mm’ voxel size in our
phantom in 33s (70% undersampling in Figures 6 and 7) at 6.5 mT. The resulting CS
reconstructed image is nearly identical to the original fully sampled image and has ~2 times
higher SNR. This was achieved by inserting the EPR saturation pulses within TR during the pre-
phase/re-phase gradients, thus removing the time consuming pre-polarization step as in other
OMRI sequences. As shown in our experiments and simulations (Figure 4), a large steady-state
signal is quickly reached with 90% of the maximum signal reached in less than 1.5 s, and
constant polarization in the sample is maintained during the remainder of the acquisition. This
eliminates the need to correct acquisitions for T; decay and to rectify undesirable phase shifts

that can occur when using pre-polarization techniques (25,46). The maximum signal with b-
SSFP at thermal equilibrium is given by M, =§M0\/T2/T1 = 0.47M, (37). Overhauser

saturation pulses during the phase gradient increases Mg by approximately 30 for the sample
used here, thus allowing high SNR images comparable to those obtained with conventional
OMRI techniques. The simulations provide a reliable tool to optimize the phase encode gradient
durations depending on T; and T».

The application of EPR saturation pulses during the balanced phase encode gradient
events is our first major source of acceleration. This allows us to acquire images twice as fast as
spin echo OMRI sequences recently published in the literature (24) with nearly 7 times higher
spatial resolution (1x2x3.5 mm’ vs 1.25x1.25x30 mm®). This is possible by covering the spread
in electron spin frequencies in the phantom when the maximum 0.1 Gauss.cm™ phase encode
gradient was turned on. This sets an upper limit on the Q factor of the EPR coil, or alternatively,
the maximum gradient strength that can be used for these experiments. While the maximum

steady-state DNP enhancements would benefit from a higher Q coil, the goal of maintaining
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nearly constant signal enhancement across the sample during imaging would suffer. However,
when the EPR irradiation occurs as separate step before imaging as in other OMRI sequences,
the DNP signal is also not constant across the image due to the decay of polarization, so a
compromise of higher gradient strength for uneven DNP polarization may be acceptable.

Partial sampling of k-space (and subsequent reconstruction via CS) is our second major
acceleration factor. In the case of 70% undersampling this results in an additional 3.5 fold
acceleration while keeping the voxel size unchanged, thus resulting in 7 times faster acquisition
compared to recently published work (24). By undersampling in each phase encode direction
according to a Gaussian probability density function, the center of k-space is emphasized,
preserving image contrast without completely sacrificing the high frequency information at the
edge of k-space. However, the choice of the lines sampled in k-space was empirically determined
and only a few undersampling patterns were empirically tested for a given undersampling rate.
The degrees of freedom in the generation of underspampling patterns is large (choice of lines
sampled, oy ,) and a large number of combinations could have been tested with the opportunity to
give even better results. However, for the o, ,’s used here, the 50% and 70% undersampling rates
accurately reproduced the image for different random samplings of k-space. Also, this work
focuses on Cartesian sampling, but alternative sampling trajectories (spiral, radial) have been
shown to offer more flexibility in the design of 3D incoherent sampling sequences that are
particularly well for the use of compressed sensing techniques (47-50).

Compressed sensing performs natural de-noising, bringing an improvement in SNR.
Incoherent artifacts resulting from sub-sampled k-space are efficiently suppressed using L;-norm
constraints in the image and wavelet domains as previously detailed in the literature (42).
However, more than 70% undersampling could not provide satisfying reconstruction in spite of
high SNR. The incorporation of prior knowledge (51-53) in the image reconstruction process
could overcome this limitation by partially recovering irretrievable loss of information caused by
heavy undersampling and further increase our temporal resolution. In addition, it is important to
note that the 4.5 min computation time required for the CS reconstruction does not significantly
penalize the time saved from undersampling.

The gain in temporal resolution obtained here for 70 % undersampling, around 1 s per
acquired slice, provides new insight for investigating cases where high temporal resolution is

needed, such as monitoring the concentration change, oxidation, and metabolism of free radicals
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that correlate directly with organ functions and tissue health. Also, shorter durations for the read
and phase encode gradients could have been implemented to give significantly shorter
acquisition times but at the cost of a decreased spatial resolution. Likewise, doubling the gradient
strength in read and both phase encode directions would allow us to reach 2 times higher spatial
resolution for a fixed acquisition time.

Considering the SAR resulting from the sequence, the amount of power sent to the EPR
coil was decreased by a factor of 4 while still keeping the SNR greater than 25. Even if a
compromise has to be found between the desired spatial resolution of the image and sample
heating due to the high power RF, the total amount of RF power sent to the sample during
imaging is considerably reduced by the use of undersampling strategies. No temperature rise was
measured in the sample for the 50 to 90 % undersampling rates with the maximum EPR power
used in this study. This allows the investigator to push the in-plane resolution of the acquired
image to 1x] mm® as shown in figure 10 with configuration 2, 70 % undersampling (while
maintaining the 3.5 mm slice thickness), and maximum available power sent to the EPR coil.
Total acquisition time was 65 s. This image displays excellent in-plane resolution with very little
blurring of the 1 mm features and high SNR.

The images presented here were acquired with a sufficiently long TR to obtain the
desired in-plane resolution while keeping the gradient strength low enough for efficient EPR
saturation during phase encoding. We note that the phantom used here has significantly longer T,
and T, relaxation times than would be expected for in vivo applications. Bloch simulations were
run to estimate how the current sequence would perform with relaxation times 10 times shorter
than the phantom used here. Keeping all simulation parameters as in Figure 4, but decreasing T}
to 55 ms and T, to 49 ms resulted in less than a 15% reduction in signal intensity (compared to
the dashed line in Fig. 4). While relaxation times comparable to TR tend to reduce signal, this is
partially offset by a faster approach to steady state. More likely to hamper the effectiveness of
OMRI in vivo, however, is a decrease in the maximum DNP signal enhancement due to extra "H
nuclear spin relaxation pathways that compete with relaxation caused by dipolar coupling to the
electron spin (27). To observe this effect, simulations were run with the short T; and T, times
above while decreasing the maximum DNP signal enhancement to —10 and —5. This reduced the
steady state signal intensity by 80% and 90% respectively compared to the dashed line in
Figure 4. Although the signal is much smaller, it is still a factor of 7 and 3.5 times larger than the
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thermal equilibrium signal with the same parameters, and therefore still provides very useful
contrast. In the case of injected free radical detection, this decrease in signal can be partially
overcome by increasing the free radical concentration. For example, injection of 0.6 mL 100 mM
nitroxide radical in mice has been reported in recent work (24). Assuming 60-80 mL of blood per
kg of bodyweight (54), the dilution factor is between 3 and 4 for a 30 g mouse, resulting in a
nominal 29 mM free radical concentration, more than 10 times higher than the 2.5 mM used in

the work presented here.

Conclusion

We have demonstrated a new strategy for fast high-resolution 3D Overhauser MRI using b-SSFP
in a phantom containing 2.5 mM 4-hydroxy TEMPO solution at 6.5 mT. The embedding of EPR
excitation pulses directly into the b-SSFP sequence eliminates the pre-polarization step used in
other OMRI sequences, reducing the acquisition time and obviating the need for long, high
power RF EPR pulses. The use of undersampling strategies and compressed sensing
reconstruction algorithms further reduces imaging time. We have shown that an undersampling
rate of 70 % gives unperceivable reconstruction errors when compared with the fully sampled
data sets, allowing the acquisition of 32 slices in our phantom volume within 33 s. The presented
work overcomes the main limitations of Overhauser enhanced MRI described so far in the
literature with drastic improvement in terms of speed and resolution, thus offering new
perspectives for the measurement of free radicals in living organisms, and for the study of

dynamic processes such as metabolism and flow.
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Figure Captions

Figure 1. OMRI setup. Photographs of (a) the custom built 6.5 mT MR scanner with bi-planar
electromagnet and gradient set inside the shielded room, (b) the EPR (141 MHz) and (¢) NMR
(276 kHz) coils used for the OMRI experiments.

Figure 2. Photograph of (1a) the assembled OMRI phantom, (2a) a 10 mm thick internal piece,
and (3a) a stack of internal pieces. Shown in (b-h) are individual pieces of the phantom in
configuration 1 (f-h) and configuration 2 (b-e). A top view of the stacked pieces for the phantom
in configuration 1 as described in the text is shown in (i).

Figure 3. Diagram of the 3D b-SSFP sequence with embedded EPR pulses (rf EPR). N is the
total number of TRs in the sequence.

Figure 4. Simulation and measurement of the approach to steady-state with- and without DNP.
Plotted are the echo amplitudes acquired during the pulse sequence in Figure 3 with only the read
gradient active. The DNP signal is nearly 30 times larger than the signal without DNP after
reaching steady-state. Solid curves plotted are not a fit to the data but an exact simulation with no
free parameters as described in the text.

Figure 5. Undersampling (US) patterns used for (a) 50% undersampling, (b) 70% undersampling,
(c) 80% undersampling, and (d) 90% undersampling. For an undersampling rate of 50%, 995 of
2048 lines were acquired. For 70% undersampling, 585 of 2048 lines were acquired. For 80%
and 90% undersampling, 383 and 185 of 2048 lines were acquired respectively.

Figure 6. Fully and undersampled (US) images of the phantom in configuration 1 after CS
reconstruction as a function of undersampling fraction. a) Representative slices: Top (a) and
center (b) of the full 32 slice dataset. Acquisition matrix: 128x64x32, voxel size: 2x1x3.5 mm’.
C) 3D rendered images of the interlocked cones structure obtained from the fully and under-

sampled datasets.

Figure 7. Fully and undersampled (US) images of 5 representative slices after CS reconstruction.
The full 32-slice data set was acquired with the phantom in configuration 2 as described in the
text. MR images are shown alongside photographs of the corresponding phantom piece.
Acquisition matrix: 128x64x32, voxel size: 2x1x3.5 mm’. White arrows show 1 and 1.5 mm
solid separators, (b) and (d) respectively, and 2.5 mm diameter structures (c).

Figure 8. Mean absolute error (MAE) computed each slice number for each undersampling
fraction with the phantom in configuration 1: 50% US (black), 70% US (red), 80% US (green),
90% US (blue).

Figure 9. Images taken with the phantom in configuration 2 and 50% undersampling as a
function of Overhauser drive power: (a) 62 W, (b) 31 W, (¢) 15.5W, (d) 7.8 W, and (e) 3.9 W
EPR power. Acquisition matrix: 128x64x32, voxel size: 2x1x3.5 mm’, TR/TE: 54/27 ms. Total
acquisition time per image was 56 s.

Figure 10. High-resolution CS reconstructed images taken in the phantom in configuration 2 (5
slices are shown) with 70% undersampling. Acquisition matrix: 256x64x32, voxel size:
1x1x3.5 mm’, TR/TE: 54/27 ms. Total acquisition time was 65 s.
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Tables

Table 1. Comparison of acquisition time, maximum SNR, and mean absolute error (MAE) as a
function of the undersampling rate for the two different phantom configurations with the
maximum applied RF power of 62 W at the EPR coil.

©CoO~NOUITA,WNPE

13 maximum SNR

14 Acg. time (s) no CS cs MAEs
16 Configuration 1

17 Fully sampled 114 23 40.6

19 50% undersampling 56 35.8 75.8 0.073+0.006
20 70% undersampling 33 44.6 95 0.072+0.008
22 80% undersampling 21 64.3 160 0.112+0.011
23 90% undersampling 10 69.8 148 0.149+0.014

26 Configuration 2

Fuly sampled 114 24.6 42.6

29 50% undersampling 56 30.47 49.7 0.049+0.005
70% undersampling 33 42 78.3 0.059+0.010
32 80% undersampling 21 49.9 94.7 0.100+0.013
90% undersampling 10 58.1 88.3 0.114+0.014
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Table 2. The maximum SNR as a function of power at the EPR coil with and without CS for the

phantom in configuration 2.

Power to Max. SNR
EPR coil
no CS CS
(W)
62 36 75
31 29.3 48
15.5 21 26.4
7.8 15.2 18.2
39 11.4 16.2
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Figure 1. OMRI setup. Photographs of (a) the custom built 6.5 mT MR scanner with bi-planar electromagnet
and gradient set inside the shielded room, (b) the EPR (141 MHz) and (c) NMR (276 kHz) coils used for the
OMRI experiments.
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36 Figure 2. Photograph of (1a) the assembled OMRI phantom, (2a) a 10 mm thick internal piece, and (3a) a
stack of internal pieces. Shown in (b-h) are individual pieces of the phantom in configuration 1 (f-h) and
configuration 2 (b-e). A top view of the stacked pieces for the phantom in configuration 1 as described in the

38 text is shown in (i).
39 869x743mm (600 x 600 DPI)
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Figure 3. Diagram of the 3D b-SSFP sequence with embedded EPR pulses (rf EPR). N is the total number of
TRs in the sequence.
199x166mm (300 x 300 DPI)
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Figure 4. Simulation and measurement of the approach to steady-state with- and without DNP. Plotted are
33 the echo amplitudes acquired during the pulse sequence in Figure 3 with only the read gradient active. The
34 DNP signal is nearly 30 times larger than the signal without DNP after reaching steady-state. Solid curves
35 plotted are not a fit to the data but an exact simulation with no free parameters as described in the text.
36 137x103mm (300 x 300 DPI)
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Figure 5. Undersampling (US) patterns used for (a) 50% undersampling, (b) 70% undersampling, (c) 80%
undersampling, and (d) 90% undersampling. For an undersampling rate of 50%, 995 of 2048 lines were
acquired. For 70% undersampling, 585 of 2048 lines were acquired. For 80% and 90% undersampling, 383
and 185 of 2048 lines were acquired respectively.
168x77mm (300 x 300 DPI)
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28 Figure 6. Fully and undersampled (US) images of the phantom in configuration 1 after CS reconstruction as
29 a function of undersampling fraction. a) Representative slices: Top (a) and center (b) of the full 32 slice
30 dataset. Acquisition matrix: 128x64x32, voxel size: 2x1x3.5 mm?>. C) 3D rendered images of the interlocked
31 cones structure obtained from the fully and under-sampled datasets.
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Figure 7. Fully and undersampled (US) images of 5 representative slices after CS reconstruction. The full 32-
slice data set was acquired with the phantom in configuration 2 as described in the text. MR images are
shown alongside photographs of the corresponding phantom piece. Acquisition matrix: 128x64x32, voxel
size: 2x1x3.5 mm?>. White arrows show 1 and 1.5 mm solid separators, (b) and (d) respectively, and 2.5
mm diameter structures (c).
163x106mm (300 x 300 DPI)
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35 Figure 8. Mean absolute error (MAE) computed each slice number for each undersampling fraction with the
36 phantom in configuration 1: 50% US (black), 70% US (red), 80% US (green), 90% US (blue).
84x70mm (300 x 300 DPI)
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Figure 9. Images taken with the phantom in configuration 2 and 50% undersampling as a function of
Overhauser drive power: (a) 62 W, (b) 31 W, (c) 15.5W, (d) 7.8 W, and (e) 3.9 W EPR power. Acquisition

matrix: 128x64x32, voxel size: 2x1x3.5 mm3, TR/TE: 54/27 ms. Total acquisition time per image was 56 s.
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14 Figure 10. High-resolution CS reconstructed images taken in the phantom in configuration 2 (5 slices are
15 shown) with 70% undersampling. Acquisition matrix: 256x64x32, voxel size: 1x1x3.5 mm?, TR/TE: 54/27
16 ms. Total acquisition time was 65 s.

17 70x12mm (300 x 300 DPI)
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Tables

Table 1. Comparison of acquisition time, maximum SNR, and MAE as a function of the
undersampling rate for the two different phantom configurations with the maximum applied RF

Magnetic Resonance in Medicine

power of 62 W at the EPR coil.

maximum SNR

Acq. time (s) no CS () MAEs
Configuration 1
Fully sampled 114 23 40.6
50% undersampling 56 35.8 75.8 0.073+0.006
70% undersampling 33 44.6 95 0.072+0.008
80% undersampling 21 64.3 160 0.112+0.011
90% undersampling 10 69.8 148 0.149+0.014
Configuration 2
Fuly sampled 114 24.6 42.6
50% undersampling 56 30.47 49.7 0.049+0.005
70% undersampling 33 42 78.3 0.059+0.010
80% undersampling 21 49.9 94.7 0.100+0.013
90% undersampling 10 58.1 88.3 0.114+0.014
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Table 2. The maximum SNR as a function of power at the EPR coil with and without CS for the
phantom in configuration 2.

©CoO~NOUITA,WNPE

Max. SNR

10 Power to
11 EPR coil
12 no CS CS

13 (W)

15 62 36 75
16 31 29.3 48
18 15.5 21 26.4
19 7.8 15.2 18.2

3.9 11.4 16.2
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